










Parallel transmission enables a relatively direct control of the 
RF field in high-field Magnetic Resonance Imaging (MRI). How- 
ever, the approach has also raised concerns about the specific 
absorption rate (SAR) in the patient body. The present work 
provides new concepts for prediction and control of SAR in 
these MRI systems. The work first focuses on modeling of a 
multi-channel RF coil and cross-calibration to the real physical 
RF system. Then, a novel approach for generating human body 
models from an MRI pre-scan is proposed, based on water-fat 
separation. This allowed for a first in vivo validation of the 
predicted RF field pattern. Furthermore, this work explores 
various approaches for SAR reduction. As the SAR is a major 
limiting factor in most high-field MRI protocols, the proposed 
approaches to SAR management can be directly applied to 
improve image quality or to reduce examination times.
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Abstract
Parallel transmission, i.e. the use of multiple independent RF transmit
coils, enables a relatively direct control of the RF field and is considered
as a key-technology to recover image homogeneity in high-field MRI
(≥ 3 T). The use of parallel transmission has, however, also caused
concerns about the specific absorption rate (SAR). Depending on the
multi-channel drive, the SAR can significantly vary and the location
of SAR hotspots within the patient body can change. Conventional
safety assessment schemes for single-channel transmission fail to address
this situation, hence more sophisticated SAR prediction concepts are
required.
The present thesis aims to provide such methods for comprehensive
safety assessment in parallel transmit MRI, based on finite-difference
time-domain (FDTD) simulations and on measurements. This work first
focuses on modeling of a multi-channel RF coil and cross-calibration
to the real physical RF system. Then, a novel approach to generate
human body models from an MR pre-scan is proposed, based on water-
fat separation. A first in vivo validation of human body models was
performed by means of B1 mapping.
Parallel transmit MRI can furthermore be applied for SAR reduction
in addition to improving RF excitation uniformity. This is referred to as
“SAR management” in this work. It could be shown for a broad variety
of human body models that an improved uniformity is related to reduced
SAR. To get a better handle on the SAR, a novel optimization approach
with local SAR constraints is developed. This presents a robust and fast
approach to achieve optimal uniformity while maintaining local SAR
limits. Finally, the potential of SAR reduction by adapting the channel
weights depending on the location in the sampling k-space is explored.
This approach takes advantage of the fact that most signal information
is contained in the central k-space. A notable additional SAR reduction
with marginal compromises on image quality could be achieved.
As the SAR is a major limiting factor in most high-field MRI pro-
tocols, the proposed approaches to SAR management can be directly
applied to improve image quality or to reduce examination times.
i
Zusammenfassung
Parallele Transmission, d.h. die Verwendung von mehreren unabhängigen
RF-Sendespulen, ermöglicht eine relativ direkte Steuerung des RF-Feldes
und wird daher als Schlüsseltechnologie für die Hochfeld-MRT (≥ 3 T)
betrachtet. Gleichzeitig verursacht die Parallele Transmission aber auch
Bedenken bezüglich der Spezifischen Absorptionsrate (SAR). Abhängig
von der Ansteuerung der verschiedenen Kanäle können sich signifikante
Veränderungen des SAR ergeben. Dies wird durch herkömmliche Me-
thoden zur SAR-Abschätzung nicht berücksichtigt. Daher werden neue,
fortgeschrittene Konzepte benötigt.
In dieser Arbeit werden solche Methoden vorgestellt, basierend auf
Simulationen sowie Messungen am MR-System. Der Schwerpunkt liegt
dabei zunächst auf der Modellierung einer Mehrkanal-RF-Spule und der
Kalibrierung der Simulation in Bezug auf das physikalische MR-System.
Anschließend wird ein neuartiger Ansatz zur Generierung von Patienten-
modellen anhand von Wasser-Fett-separierten MRT-Daten vorgestellt.
Damit konnten Simulationen des RF-Feldes erstmals im menschlichen
Körper validiert werden.
Weiterhin ermöglicht die Parallele Transmission eine Reduktion des
SAR bei gleichzeitiger Verbesserung der Anregungshomogenität. Dies
wird hier als „SAR-Management” bezeichnet. Es konnte an einer Vielzahl
von Körpermodellen gezeigt werden, dass eine verbessere Homogenität
mit einer Verringerung des SAR einhergeht. Um das SAR direkter be-
einflussen zu können, wird ein neuer Ansatz zur SAR-beschränkten Opti-
mierung entwickelt. Schließlich werden Möglichkeiten zur SAR-Reduktion
untersucht, die sich aus einer adaptiven Wahl der Kanalgewichte im k-
Raum ergeben. Dabei wird die Tatsache ausgenutzt, dass der Informa-
tionsgehalt des MR-Signals im Zentrum des k-Raums maximal ist. Mit
diesem Ansatz konnte eine zusätzliche SAR-Reduktion erreicht werden.
Da das SAR bei vielen Protokollen der Hochfeld-MRT einen limi-
tierenden Faktor darstellt, können die hier vorgestellten Ansätze zum
SAR-Management relativ direkt in eine Verbesserung der Bildqualität
oder Verringerung der Untersuchungsdauer umgesetzt werden, zum Nut-
zen der ärztlichen Diagnostik und zum Wohl des Patienten.
ii
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AFI actual flip-angle imaging
CSF cerebrospinal fluid
CT X-ray computed tomography
CV coefficient-of-variation
EM electro-magnetic
FFE fast field echo MR sequence
FDTD finite-difference time-domain
FOV field-of-view
GPU graphics processing unit




ROI region of interest
Rx receive
T1 spin-lattice relaxation time
T2 spin-spin relaxation time
TR repetition time of an MR sequence
TE echo time of an MR sequence
TEM transversal electro-magnetic
Tx transmit
TSE turbo spin echo MR sequence
Physical Constants
Symbol Value and unit Description
γH 2π · 42.576 MHz/T gyromagnetic ratio of
1H hydrogen
ε0 8, 854 · 10−12 As/Vm permittivity of free space





a(t) – RF waveform
arms – root-mean-square value of a(t)
B0 T main magnetic field
B+1 µT transmit-active magnetic field
B−1 µT non-transmit-active magnetic field
cH J/K/kg specific heat capacity
E V/m electric field
fL 1/s Larmor frequency
I element current
i – imaginary unit
k rad/m angular wavenumber
N – number of RF Tx elements
NT – number of sampling points in time
Q W/kg Q-matrix
SB1 µT magnetic Tx field sensitivity
SE V/m electric Tx field sensitivity
SAR W/kg specific absorption rate
SNR dB signal-to-noise ratio
V V voltage
w – vector of channel weights
(“shim setting”)
w(t) – vector of RF waveforms
Asys – system matrix of the
transmit chain
α ° flip-angle
εr – relative electrical permittivity
λ m wavelength
ρ kg/m3 mass density
ρel C/m
3 electrical charge density
σ S/m electrical conductivity




High-field MRI (≥3 T) is gaining clinical importance due to a high signal-
to-noise ratio (SNR), facilitating improved image quality and a reduced
total examination time. However, at high field strengths, the wavelength
of the radio frequency (RF) field (λ ≤ 30 cm) is in the range of the di-
mensions of the human body, leading to spatially inhomogeneous exci-
tation profiles. This can result in local shading and undesired contrast
variations in MR images.
Parallel transmission, i.e. the use of multiple independent RF trans-
mit coils, enables a relatively direct control of the RF field and is con-
sidered as a key-technology to recover image homogeneity in high-field
MRI. RF shimming is a concept for optimization of the transmit field
homogeneity, using the same RF waveform but different amplitudes and
phases for the different transmit channels [1, 2]. This allows recover-
ing uniform image intensity and contrast in high-field MRI, particularly
for body and breast imaging at 3 T and for neurological imaging at 7 T
and above. In the more general concept of transmit sensitivity encoding
(Transmit SENSE), the RF waveforms of each transmit (Tx) channel are
tailored for accelerated spatially or spectrally selective excitation [3–5].
This has multiple interesting applications such as zoom imaging, arterial
spin labeling, or localized spectroscopy.
The use of parallel transmission has, however, also caused concerns
about RF power, which is mostly dissipated as heat in the patient body.
As local temperature changes are difficult to predict, the specific absorp-
tion rate (SAR) was defined as the dissipated power per unit mass to
describe RF exposure.
As the local SAR inside the patient body is difficult to measure,
numerical simulations need to be performed to assess patient safety [6].
However, numerical SAR values can significantly vary, depending on
the patient’s anatomy. Unfortunately, only a limited number of generic
body models is available for SAR simulations and the required model
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complexity is little understood. A broad range of human body models
is needed to allow a comprehensive SAR prediction.
Depending on the multi-channel drive, the SAR can significantly vary
and the location of SAR hotspots within the patient body can change.
Conventional safety assessment schemes for single-channel transmission
fail to address this situation, hence more sophisticated safety concepts
are required. Furthermore, the potential to control the RF field raises
the question how a multi-channel RF system can be employed to reduce
local heating.
The present thesis aims to provide methods to address these challeng-
ing demands. In chapter 2, the state of the art in parallel transmission
and SAR calculations is reviewed. Chapter 3 describes the modeling
of a multi-channel RF body coil and a cross-calibration to the physical
RF system. Furthermore, the coil model is validated by measurements of
the magnetic and electric fields as well as by temperature measurements.
Chapter 4 addresses the current lack of suitable human body models and
proposes a novel approach to generate reasonably accurate body models
from an MR pre-scan based on water-fat separation. A first in vivo val-
idation of human body models was performed by means of B1 mapping.
Based on these models of the RF coil and the patient, a novel approach
to SAR management for RF shimming is presented in Chapter 5. In
Chapter 6, a new method to reduce SAR in RF shimming by adapting
the channel weights depending on the location in the sampling k-space
is proposed. This work concludes with a summary in Chapter 7.
2
Chapter 2
Parallel transmit MRI and SAR
2.1 RF transmission in MRI
2.1.1 Foundations of RF transmission and reception
Magnetic resonance imaging (MRI) is based on a quantum mechanical
property of atomic nuclei, known as nuclear spin. Clinical MRI uses
primarily hydrogen 1H nuclei due to their high abundance in human
tissues. When a nuclear spin system is exposed to an external magnetic
field B, its net magnetization vector M experiences an aligning force
and precesses according to the Bloch equation [7]:
dM
dt
= γ · M × B (2.1)
where γ is known as the gyromagnetic ratio. If the magnetic field is
oriented anti-parallel to the z-axis, B = (0, 0, −B0), the magnetization
describes a right-hand screw rotation about the z-axis at a rate known





For hydrogen, the Larmor frequencies are fL = 63.9 MHz and fL =
127.7 MHz at B0 = 1.5 T and B0 = 3 T, respectively. When an RF pulse
at this frequency is applied to the spin system at thermal equilibrium,
the magnetization is rotated by the flip angle α:
α(r) = γ ·
ˆ T
0
B+1 (r, t) dt (2.3)
Only the circularly-polarized magnetic field component B+1 , which ro-
tates in the same direction as the nuclear precession, contributes to the
spin excitation [7]. For efficient power transfer, Tx coils are typically
3
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designed as resonant circuits in a so-called “birdcage“ geometry [8] and
driven at quadrature excitation to produce a predominantly circularly-
polarized magnetic field. This rotating field can be calculated from the
magnetic flux density B1x and B1y (in the laboratory frame), generated








The corresponding field component rotating in opposite direction B−1








For small flip angles and neglecting relaxation effects, the final transverse
magnetization Mxy(r) at time T generated by an on-resonance RF pulse
applied in the presence of a gradient field can be found by integrating
the Bloch equations as [9]:
Mxy(r) = iγM0 ·
ˆ T
0
B+1 (r, t) · eir·kTx(t) dt (2.6)
where M0 is the equilibrium magnetization. For spatial encoding of the
magnetization field, the waveform is weighted with a phase term r·kTx(t).
This phase term is controlled by the trajectory kTx(t) in the transmit
k-space during RF excitation and can be steered by the gradient field
G(t) = (Gx(t), Gy(t), Gz(t)) as:




For a typical slice-selective excitation, the transmit k-space trajectory
kTx(t) is usually defined by a constant gradient and is applied in con-
junction with a sinc-shaped RF pulse (see Fig. 2.1). The corresponding
trajectory kTx(t) is a straight line in the transmit k-space traversed at
constant velocity, requiring an excitation period in the order of 1 ms for
typical gradient and RF power limits.
The resulting MR signal s(t) induced in the RF receive coils is then
the volume integral of the transverse magnetization. When using a
4
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quadrature receive (Rx) coil, the signal is observed as rotating in the
opposite direction and the B−1 component acts as the receive sensitivity:
s(t) = const ·
ˆ
V
Mxy(r) · B−1 (r) · eir·kRx(t) dV (2.8)
During reception, another gradient field G(t) is applied to introduce the
phase term r · kRx(t), where kRx(t) is the trajectory in the sampling
k-space [10]:




Repeating this sequence with different profiles in the receive k-space
allows spatial encoding of the magnetization Mxy(r) within the scan
volume V for reconstruction of an MR image.
2.1.2 Parallel RF transmission
Non-uniformity at high-field MRI
At low field strengths, the RF wavelength is large compared to the di-
mensions of the human body and the RF transmit field B+1 can be consid-
ered as spatially uniform. However, already at 1.5 T minor penetration
effects due to the reduced wavelength can be observed [1]. At 3 T, the
RF wavelength in muscle tissue amounts λ ≈ 25 cm, which is about the
diameter of the human body. In this regime, the RF waves entering the
human body from different directions experience different phase delays.
As a consequence, the resulting transmit field B+1 exhibits constructive
or destructive interference, depending on the location in the body. This
non-uniform B+1 field leads to spatially varying magnetization (according
to Eq. 2.6), which is a serious problem in diagnostic imaging in high-field
MRI, as image contrast may exhibit severe spatial variation. Similarly,
the non-uniform receive field B−1 leads to spatially varying signal in-
tensity, according to Eq. 2.8. These effects might hide pathologies of a
patient and can hence mitigate the diagnostic value of high-field MRI.
A linear system perspective
The use of multiple independent Tx coils has been proposed to improve
the spatial homogeneity of the RF field [1, 2]. Due to the linearity of
Maxwell’s equations (see Appendix A.1), the resulting transmit field
5
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Fig. 2.1: Sequence diagram of a slice-selective, Cartesian gradient echo
MR scan: The spatial encoding of the magnetization during RF excitation
is attributed to the transmit k-space. In this simple example, a sinc-shaped
RF pulse is applied in combination with a constant gradient Gz for slice
selection. The slice-select gradient is followed by a negative rephase lobe.
Spatial encoding of the magnetization is performed in the so-called sampling
k-space, which is defined as a 2D trajectory by the associated gradients Gx
and Gy. To allow spatial reconstruction of the full slice, this sequence is per-
formed repeatedly using the same transmit k-space trajectory but different
phase-encoding gradients Gy to cover the full sampling k-space.
B+1 (r, t) in time t is the linear superposition of the magnetic transmit
field sensitivities SB1(r) of the individual transmit channels:
B+1 (r, t) = SB1(r) · w(t) =
(













where w(t) denotes a dimensionless vector containing the RF waveforms
of each channel.∗ N is the number of transmit channels. The mag-
∗Note that B1 and E are in phasor notation and that the time t refers to the RF
waveform which changes much slower than the Larmor rate.
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netic transmit field sensitivities SB1(r) depend on the coil design and
the dielectric load (i.e. the patient body shape and position) and can be
measured using B1 mapping techniques (see e.g. [11] for an overview).
Due to linearity, the concomitant electric field E(r, t) can likewise be
calculated by a linear superposition of the associated electric field sensi-
tivities SE(r):
E(r, t) = SE(r) · w(t) =


SEx,1(r) · · · SEx,N (r)
SEy,1(r) · · · SEy,N (r)













Unfortunately, the electric field sensitivities inside the human body are
not directly accessible by measurement and have to be estimated from
numerical simulations, as discussed later in this work.
RF shimming
In RF shimming, the same RF waveform is applied to all Tx channels
such that the waveforms w(t) can be separated into the scalar waveform
a(t) and the so-called channel weights w = (w1, . . . , wN )
T :
w(t) = w · a(t) (2.12)
Optimizing the channel weights w allows to improve the effective trans-
mit field B+1 (r) for uniform image contrast and intensity (see Fig. 2.2).
The term RF shimming has been coined for this approach in analogy
to main field shimming, where small iron pieces (shims) are placed at
different locations in the magnet to improve the B0 homogeneity [12].
Using the same waveform a(t) on all channels has the advantage that RF
shimming can be directly applied to any conventional MRI sequence.
7
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Fig. 2.2: RF shimming in T2-weighted TSE imaging: At conventional
quadrature excitation, dark shading can be observed at the posterior side
of the body. By RF shimming, using an 8-channel body coil, the wave
propagation effects can be compensated. The overall appearance of the
image appears more uniform.
Transmit SENSE
The transmit k-space concept offers a much more powerful tool, enabling
the excitation of arbitrary spatial magnetization patterns [9]. This can
be applied for volume selective excitation and outer volume suppres-
sion [13] or for localized motion detection by navigators [14]. This frame-
work, however, requires full coverage of the transmit k-space leading to
excitation periods on the order of 10 to 30 ms, hampering practical ap-
plications.
Instead of keeping the channel weights fixed during the RF pulse,
different RF waveforms w(t) = (w1(t), . . . , wN (t))
T are applied to each
individual RF channel. This approach yields additional freedom to ma-
nipulate the transverse magnetization and Eq. 2.6 can be expanded to:
Mxy(r) = iγM0SB1(r) ·
ˆ T
0
w(t) · eirkTx(t) dt (2.13)
This freedom can be applied for spatially selective excitation with un-
dersampling in the transmit k-space, accelerating the required pulse to a
few milliseconds [3–5]. This concept is referred to as Transmit SENSE, in
analogy to sensitivity encoding (SENSE) [15] for parallel reception which
allows undersampling in the sampling k-space for reduced acquisition
8
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times. One application of such accelerated spatially selective excitation
is the acquisition of FFE zoom images as shown in Fig. 2.3.
(a) Checker-board pattern (b) FFE image (c) Zoom image of (b)
Fig. 2.3: Spatially selective excitation using Transmit SENSE: a) 2D se-
lective excitation of a checkerboard pattern in a homogeneous phantom.
b) Conventional FFE image of some fruits. c) Spatially selective excita-
tion of the kiwi fruit on the upper left. In zoom imaging, this is exploited
to accelerate the acquisition by reducing the field-of-view without aliasing
artifacts. Courtesy of Ingmar Gräßlin.
2.2 Effects of SAR and temperature in MRI
2.2.1 SAR definition
According to the laws of electrodynamics, the B1 field used to manipulate
the magnetization of the spin system induces a concomitant E field, and
hence eddy currents, in the body tissues. Due to resistive losses, most
of the RF power transmitted during an MR examination is dissipated
as heat in the patient body [16]. This RF induced heating may lead to
tissue damage (and even burns) as well as to physiologic effects, including
heat sensation and cardiovascular stress. Hence, the applied RF power
needs to be limited to ensure patient safety.
Temperature rise within the human body depends on various factors,
including heat diffusion and bioresponses, and is very difficult to predict.
The local specific absorption rate (SAR) [17] is used as a substitute figure
and is defined as the dissipated RF power Pdiss per mass m of body tissue
in a local volume V (containing e.g. 10 g of tissue):
9
















Here, σ and ρ denote electrical conductivity and mass density of the
tissue, respectively, and |E(r)| is the amplitude of the electric field vector
at a location r in the body.∗ In addition to the local SAR, the body-







Similarly, the head-averaged SAR and a partial-body SAR can be defined
as averages over selected body regions. At thermal equilibrium, the
temperature rise is linearly related to the dissipated RF power via the
specific heat capacity cH :





Contributing E field components
According to Maxwell’s equations (cf. Appendix A.1), an electric field E
can arise from two independent sources:
Conservative E fields arise from accumulation of free electrical char-
ges ρel, located at boundaries with different permittivity, according
to Gauss’s law. The associated electric field lines enter and exit the
body at different locations. In a resonant RF coil structure, the
capacitive E field occurs highly localized at the capacitors. This
E field is usually minimized in the RF coil design process by using
multiple capacitors and distributing them evenly along the coil.
Magnetically induced E fields with closed loop field lines (curls) in-
side the patient body are caused by the time-varying magnetic
field B1 according to Faraday’s law. The corresponding induced
∗Alternatively, Eq. 2.14 is sometimes written without the factor of 2 in the denomi-
nator, referring to the root-mean-square value of the electric field.
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currents are referred to as RF eddy currents, flowing inside the
body along the E field loops. The magnetically induced E field
rises linearly with frequency, and is generally expected to be dom-
inant in human MRI while the conservative E field is often negli-
gible [6, 16,18].
In close proximity to the capacitors (a few centimeters), the conservative
E field needs however to be considered for safety assessment. For par-
allel transmit MRI coils, each Tx element can be treated separately, if
the distance to neighboring Tx elements is large enough (w.r.t. the con-
servative E field component) and if mutual coupling between the coils
is prevented. This implies, that the conventional techniques for design
and safety assessment (e.g. by simulations and local temperature mea-
surements) are sufficient to evaluate the safety of the conservative E
field.
By contrast, the magnetically induced E field occurs in all body parts
exposed to the RF transmit field. In parallel transmit MRI, this E field
is equally constituted by all Tx elements. The resulting E field and hence
the SAR depends on the transmit phases and amplitudes of all channels.
This represents a novel situation compared to conventional MRI systems
and is hence the major cause of safety concerns. Consequently, the
magnetically induced E field is in the focus of investigation in this work.
Frequency-dependency of the SAR
The SAR increases significantly with the frequency of the applied RF
field [7, 18,19]. This increase can be attributed to the following effects:
Farady’s law: The electric field E along a conduction loop (e.g. of con-
ductive tissue in the human body) increases linearly with the time
derivative iωB1 of the magnetic field through that loop, according
to Farady’s law. For a given RF field, the SAR hence increases
quadratically with the frequency ω, as shown analytically in [7] for
a spherical phantom.
Dielectric dispersion: The dielectric tissues properties vary with fre-
quency, due to interaction of the RF field with the cellular and
molecular constituents of tissue. This effect is referred to as di-
electric dispersion [20,21]. In the RF frequency range, neither the
polarization effects at cellular walls (β-dispersion at 10–100 kHz)
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nor the polarization of water molecules (γ-dispersion in the GHz-
region) are very pronounced. Still, conductivity values of human
tissues generally increase with frequency in the RF range. For
example, the conductivity σ of liver tissue rises by approximately
15% from 64 MHz to 128 MHz. According to Eq. 2.14, this increase
also applies to the SAR.
RF field non-uniformity: In high-field MRI (≥3 T), the magnetic field
B1 becomes spatially non-uniform in the human body due to in-
terference effects. The induced E field follows from the spatial
derivative, more precisely the curl, of the B1 field according to
Ampere’s law. A spatially more inhomogeneous B1 field is hence
likely to produce an increased E field at some locations [22].
Decreased quadrature efficiency: RF transmit coils for MRI are usu-
ally driven at quadrature excitation. At 64 MHz, this results in an
almost ideally circularly polarized transmit field B+1 , whereas the
counter-rotating component B−1 is close to zero. The associated
power demand is one-half of that required for a linearly polarized
field [8].
At high fields, the RF waves entering the human body from differ-
ent sides possess a spatially varying phase delay and the efficiency
of the quadrature drive is reduced. At 128 MHz, the average B−1
field can amount up to about 40% of the B+1 field at quadrature
excitation, increasing with patient size [23]. Hence, the efficiency
of the quadrature drive is significantly reduced and a higher RF
power is needed to achieve a desired B+1 .
In summary, the SAR increase due to Faraday’s law and dielectric disper-
sion arise from fundamental physics and properties of biological tissue
which cannot be controlled by technical means. On the contrary, the
uniformity and quadrature efficiency of the RF field are determined not
only by the patient, but likewise by the design of the applied RF field.
This offers a potential for SAR reduction by suitable RF coil design and
spatial control of the RF field by parallel transmission.
2.2.3 SAR standards and regulations
Different international safety standards have been developed to ensure
that RF heating in MRI stays within safe limits. The major applica-
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ble standard is issued by the International Electrotechnical Commis-
sion (IEC) [17], defining limits for the SAR based on proposals made
by the International Commission on Non-Ionizing Radiation Protection
(ICNIRP) [24] and the IEEE [25]. The IEC limits are now also accepted
by the U.S. Food and Drug Administration (FDA). The IEC standard
defines three operating modes:
Normal Mode: Mode of operation that causes no physiological stress
to patients. This mode is routinely used and also applied for pa-
tients with heart diseases or disorders in their thermoregulatory
system, pregnant women, and infants. This mode demands a main
field strength B0 ≤ 3 T. The global SAR limits are intended to
ensure a body core temperature of 39°C or less.
First Level Controlled Mode: Mode of operation that may cause
physiological stress to patients and needs to be controlled by med-
ical supervision. The MR scanner will inform the operating person
to ensure this. The required main field strength is B0 ≤ 4 T. The
global SAR limits are intended to ensure a body core temperature
of 40°C or less.
Second Level Controlled Mode: Mode of operation that can pro-
duce significant risk for patients and requires explicit ethical ap-
proval of an institutional ethics committee.
The IEC differentiates between volume RF transmit coils, producing a
homogeneous Tx field, and local RF transmit coils, comprising any other
RF transmit coils. For volume RF transmit coils, the IEC specifies limits
for the global SAR, averaged over the whole body, the head, or the
exposed body region. For local RF transmit coils, additional limits are
defined for the local SAR, averaged over 10 g of tissue. Parallel transmit
coil arrays can function either as volume RF transmit coils or as local RF
transmit coils. RF shimming aims to generate a homogeneous Tx field,
hence a volume coil might be an appropriate classification. However,
the contributions of the individual Tx channels can significantly deviate
from each other, depending on the application. It is hence prudent to
consider the local SAR in any case.
The SAR limits according to the IEC are summarized in Tab. 2.1. For
comparison, the basal metabolic rate is about 1.3 W/kg without exercise
and can reach up to 18 W/kg for athletes during intensive exercise [26,
13
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27]. The IEC regulations also require an ambient room temperature
of 25°C or less. For higher room temperatures, reduced SAR limits
are specified.∗ SAR values are generally averaged over a six-minute time
window. Additionally, the maximum admissible energy deposited during
an examination is limited to 14,400 Ws/kg (corresponding to 1 hour at
the maximum global SAR in IEC first mode).
















Normal mode 2 W/kg 3.2 W/kg 10 W/kg 20 W/kg
IEC First level
controlled mode 4 W/kg 3.2 W/kg 20 W/kg 40 W/kg
IEC Second level
controlled mode >4 W/kg >3.2 W/kg >20 W/kg >40 W/kg
2.2.4 Global SAR concerns
The global (body averaged) SAR can result in an increase of the patient’s
body core temperature [28]. A healthy body will counteract heating
by thermoregulatory responses, including an increased respiratory rate
and an increased heart rate combined with widening of the arterioles
to increase blood flow. Another response is whole-body sweating [29],
evaporation then transfers thermal energy to the surrounding air.
The global SAR is hence of special concern for patient groups with
limited thermoregulatory capabilities. These include neonates and el-
derly patients, sedated and anesthetized patients, pregnant women and
patients with diabetes [30]. It is hence at the discretion of the clini-
cians whether scanning in normal mode or first level controlled mode is
advisable.
∗Until March 2010, when the 3rd edition of the IEC standard was released, the room
temperature limit was at 24°C and additional restrictions on room humidity were
applicable.
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Technologically, the global SAR can be measured relatively directly.
This can be achieved either by measurement of the temperature rise in
a thermally isolated phantom (calorimetric method) or by monitoring of
the forward and reflected RF power (pulse energy method). Both meth-
ods are described in a standard of the National Electric Manufacturers
Association (NEMA) [31]. Recently, the pulse energy method has been
extended for multiple feeding ports to allow measurement of the global
SAR for parallel transmit MRI [32].
2.2.5 Local SAR concerns
Localized heating caused by local SAR hotspots is a further point of
concern in RF transmission during MRI. Human skin begins to redden
after about 2 minutes at 45°C when proteins start to denature, whereas
full thickness burns appear after about 100 minutes [26]. Furthermore,
medical implants and interventional medical devices may focus the E
fields and significantly increase local temperature [33]. Safety assessment
of such devices is an extensive field of research [16], but beyond the scope
of this work.
Local SAR hotspots can arise from the conservative E field in prox-
imity to the RF coils as well as from the magnetically induced E field at
narrow points of the eddy current pathways inside the human body. Such
narrow points can occur either inside the patient body [18], depending
on the local tissue composition, or from closed loops formed by the body
positioning, e.g. by hands touching the body or touching thighs [26]. To
prevent such loops from body positioning, it is good clinical practice to
avoid contact of the extremities by inserting non-conducting pads.
Thanks to such preventive measures, the number of reported inci-
dents related to RF transmission is relatively small. Reported incidents
are mostly associated with a high SAR scan and often involve skin-to-
skin contact or body contact to the RF coil or to foreign objects [30,34].
Resulting thermal injuries were primarily located at the arms and the
legs, but also occurred at the torso and shoulders [34].
Unlike the global SAR, the local SAR is not directly accessible by
measurement. Only recently, Katscher et al. [35] proposed a method to
estimate the local SAR from measured B+1 maps. Todate, this approach
is however limited to subregions (typically 2D planes) of the patient
body. In practice, local SAR estimates need to be obtained based on
electro-magnetic (EM) field simulations using discretized human body
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models. Such simulations have demonstrated that the local SAR limits
tend to be reached long before the global SAR limits for typical RF body
coils [36–39]. The local SAR values in theses studies varied significantly
depending on the patient model used and the body position within the
MR scanner. Given the limited number of body models available, in-
vestigations are required to fully understand these effects and to extend
present studies to parallel transmit MRI.
2.2.6 Temperature simulations and measurements
As temperature is the original cause of concern, several researchers have
made attempts to predict temperature rise from a simulated SAR dis-
tribution [29, 40]. Generalizing Eq. 2.16, the thermal energy balance in




= ∇(kH∇T )−wρbloodcblood(T −Tblood)+qm +ρ ·SAR (2.17)
The first term on the right-hand side describes the heat diffusion, with
kH being the thermal conductivity. The second term describes the heat
transfer due to blood perfusion, where w is the perfusion rate, ρblood and
cblood are the density and specific heat capacity of blood, and Tblood is the
basal blood temperature. The heat production rate of the metabolism
qm represents the internal heat source of the body. To model RF heating
in MRI, the SAR term is added as an external heat source.
Temperature modeling is a challenging task, as the actual temper-
ature rise in the human body also depends on additional physiological
parameters. Some authors also included thermoregulatory responses [41]
as well as the detailed vascular network [42]. Since these contributions
are highly patient-dependent and difficult to model, the use of temper-
ature simulations instead of the SAR would require very conservative
assumptions. Due to such uncertainties, this approach is often more re-
strictive than using the current SAR limits [40] and hence would likely
not be accepted as a replacement of the well-established SAR limits.
Temperature simulations are hence not pursued in this work.
In vivo temperature measurements via MRI are in principle feasi-
ble by various approaches (see [43] for a review). The proton resonance
frequency (PRF) shift method is a relatively sensitive and highly linear
approach to measure temperature changes. The PRF method is hence
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the preferred choice for many applications, including high-intensity fo-
cused ultrasound (HIFU) applications [44]. Recently, simulations of RF
heating in the human forearm could successfully be validated by the PRF
method [45]. The in vivo sensitivity of the PRF method can range down
to 0.5 K, if sufficient imaging time is spent. Imaging at such a high tem-
perature resolution however conflicts with the clinical protocols. Thus,
MR temperature measurements can at present not be considered as suit-
able for monitoring of RF heating during MR imaging.
2.3 SAR calculation
2.3.1 SAR calculation for conventional MR sequences
Based on EM simulations using a human body model, the electric fields
E(r) can be predicted. Eq. 2.14 describes the SAR for a single point
in time. To obtain an expression for the average SAR of an MR scan,
a “duty cycle” factor arms is introduced and defined as the root mean
square value of the RF waveform a(t), averaged over the entire scan (i.e.





















The scalar constant q(r) denotes the normalized SAR value at each lo-
cation in the simulated body model. For calculation of the body- and
head-averaged SAR, two similar constants qbody and qhead can be ob-
tained by averaging over the entire body model or the head, respectively
(cf. Eq. 2.15).
For single-channel RF transmission, the SAR hotspot locations do
not change for given models of the RF coil and the patient body. Hence,
only the maximum values of q(r) at the hotspots in the head, torso,
and extremities are needed to calculate the maximum local SAR in the
patient. For each transmit coil (e.g. the Tx body coil and different Tx
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head coils), the appropriate q values are stored at the MR scanner to
predict the SAR of an MR sequence.
Such numerical calculations of local SAR values are routinely per-
formed for safety assessment of single-channel RF transmit coils. Usu-
ally, several simulations are performed, using different body models in a
complete range of body positions within the Tx coil [6].
2.3.2 SAR calculation for RF shimming
When using multiple Tx channels, the global and the local SAR can
change significantly, depending on the wave interference of the RF fields
transmitted by all channels. The SAR prediction concept has hence to
be extended to account for this novel situation. First approaches aimed
to estimate the worst-case SAR that can occur for any combination of
channel weights [46, 47]. However, such approaches significantly overes-
timate the actual SAR and restrict the allowed RF duty-cycle signifi-
cantly. This would prohibit even the use of sequences that are allowed
with conventional quadrature excitation [48, 49] and is hence not prac-
ticable. Instead, the actual channel weights w have to be considered in
the SAR prediction.
The so-called “Q-matrix formalism” aims for efficient SAR predic-
tion in human body models. The approach was originally introduced for
hyperthermia treatment [50], and allows efficient real-time SAR calcula-
tions for parallel transmit MRI [4, 48].
Combining Eqs. 2.11 and 2.19 allows to calculate the local SAR for
multiple Tx channels as:






SHE (r) · SE(r) dV
︸ ︷︷ ︸
· w · a2rms (2.20)
= wH · Q(r) · w · a2rms (2.21)
where the superscript H denotes the conjugate transpose. In this expres-
sion, the integral term is independent of the actual channel weights w
and can be summarized as an N × N matrix Q(r) which is Hermitian
and positive definite. The term “Q-matrix” was chosen as the matrix
represents a quadratic form of the electric field sensitivities. The ad-
vantage of this form is that the local Q-matrices for each mesh cell can
be pre-calculated from the simulation data, independent of the applied
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channel weights. Similarly, two additional Q-matrices can be calculated
for the global SAR estimation by averaging over the whole body or the
whole head.
Furthermore, it is useful to define the root-mean-square value of the
effective B1 field as a reference measure:
B1,rms =< SB1(r) · w > · arms (2.22)
where the angular brackets denote the spatial average over the field mag-
nitude in a region of interest.
2.3.3 SAR calculation for Transmit SENSE
In the general framework of Transmit SENSE, different RF pulses are
applied to each Tx channel. In this case, the channel weights w in
Eq. 2.20 are replaced by the RF waveforms w(t) = (w1(t), . . . , wN (t))
T .






wH(t) · Q(r) · w(t) dt (2.23)
Note, that the “duty cycle” factor arms is no longer needed, as the time
signal is now represented by w(t). In this equation, a matrix operation
has to be performed for every point in time, which is computationally not
efficient. Instead, a separation of the temporal and spatial components
is proposed here. Starting with a discretized form of Eq. 2.23 into NT


































denotes the expected value (mean) and is applied
to calculate the average cross-power of every two waveforms wm(t) and
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wn(t). This expression is independent of the spatial location and can
be pre-calculated. The SAR can then be efficiently calculated for each
location r by a weighted double-sum over all elements Qm,n of the ma-
trix Q.
2.3.4 Q-matrix model compression
The Q-matrix formalism yields one matrix Q(ri) for each mesh cell i
of the simulated body model (i.e. approx. 400.000 matrices per model).
Though it is computationally feasible to calculate the maximum local
SAR in real-time [48], it is desirable to reduce this huge amount of cells
to a smaller number of so-called observation points to reduce memory
requirements and increase computational efficiency.
Such an observation point j should represent an upper bound to the
local SAR at another point i, which could then be excluded from the
calculation of the maximum local SAR:
SAR(ri) ≤ SAR(rj) ∀w (2.27)
⇔ wHQ(ri)w ≤ wHQ(rj)w ∀w (2.28)
Unfortunately, Eq. 2.27 is not fulfilled for most pairs of mesh cells be-
cause SAR(rj) can get down to almost zero for some channel weights (i.e.
the smallest eigenvalue of Q(rj) is close to zero). Gebhardt et al. [51,52]
introduced an additive SAR overestimation term ε to address this prob-
lem. The augmented problem is given by:
wHQ(ri)w ≤ wH (Q(rj) + εI) w ∀w (2.29)
⇔ −ε ≤ λmin[Q(rj) − Q(ri)] (2.30)
where I denotes the identity matrix. Whether the mesh cell i can now
be excluded from the SAR calculation can be decided by comparing ε
with the smallest eigenvalue λmin of Q(rj) − Q(ri).
Finally, all remaining matrices Qj are replaced with the augmented
matrices Qj +εI to ensure that the SAR calculated with the compressed
model is an upper bound to the SAR of the uncompressed model.
2.4 Conclusions
RF parallel transmission offers a significant potential to enhance im-
age uniformity and overall RF excitation performance. Furthermore, an
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appropriate control of the Tx coil array allows to counteract the SAR
increase in high-field MRI. Whereas the magnetic transmit field can be
determined by measurement, the concomitant electric fields are more
difficult to predict. The global SAR is accessible via power or tem-
perature measurements, however the local SAR cannot be measured in
clinical practice and tends to be more limiting with respect to current
safety regulations. To date, EM simulations represent the only feasible
solution for local SAR prediction.
Numerical recipes for efficient SAR calculations, based on the elec-
tric fields obtained from numerical simulations, are available and have
been summarized in this chapter. It is, however, challenging to realize
these ideas by suitable modeling of parallel transmit RF coils and, more
importantly, of different volunteers for a valid SAR prediction. These
issues are addressed in the following chapters of this work.
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Chapter 3
Modeling of the Multix Body Coil
For numerical SAR simulations, adequate models of the RF coil as well
as of the patient body are required. This chapter discusses the gener-
ation of such a model for the eight-channel Multi-Transmit Body Coil
(MBC) [53]. The generation of suitable human body models will be cov-
ered later in Chapter 4. The MBC is fully integrated in a 3 T MR scanner
(Achieva, Philips Medical Systems, Best, The Netherlands) which is ex-
tended to eight Tx channels such that each Tx element can be controlled
independently [54]. The system is located at Philips Research Hamburg
and was used for all experiments in this work.
Over the past decades, a broad variety of numerical methods has been
developed for electro-magnetic (EM) field simulations. These include the
Finite Elements Method, Finite Difference Methods, and the Method
of Moments [55]. Simulation of an RF field inside the human body
requires highly detailed models of the human body and its dielectric
tissue properties, resulting in millions of unknowns which is a major
restriction for the choice of a numerical method.
The finite-difference time-domain (FDTD) method [56, 57] is based
on explicit forward-differences in the time domain. Consequently, mem-
ory and time requirements of FDTD are linear in the number of unknown
variables. The algorithm is well suited to solve very large numerical sys-
tems. By contrast other common numerical methods require a matrix
inversion and are hence less efficient when the number of unknowns is
very large. Hence, FDTD has gained wide popularity for SAR simula-
tions and is used exclusively in this work. A drawback of FDTD is that
all geometric structures are represented on a cubical simulation grid.
Especially for thin conductors, this can lead to modelling errors. Hence,
care has to be taken when modeling an RF coil as discussed later in this
chapter.
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3.1 Simulation of the MBC
3.1.1 Description of the MBC hardware
The MBC is composed of eight independent resonator elements which
can be used for transmission as well as for reception. As illustrated
in Fig. 3.1, these elements are equally spaced circumferentially at 45°
inside an RF screen (675 mm). The elements have different distances
to the RF screen, depending on the element location (d1,3,6,8 = 35 mm,
d2,7 = 32 mm and, d4,5 = 40 mm). The length of each Tx element is
42 cm and the total width is 10 cm. Each element is designed as a TEM
(transversal electro-magnetic) resonator [58] with two parallel strip-lines,
as shown in Fig. 3.2a. The strip-lines are connected to the RF screen by
the capacitors C1 and C2 as indicated in the circuit diagram Fig. 3.2b.
In the TEM mode, the currents flow equally through both strip-lines and
back through the RF screen (I1 = I2 = I). Each strip-line is sectioned by
four series capacitors CS which reduces the variation of the current along
the element to about 1% [53]. This allows to describe the element with
a lumped-component network and also reduces the local conservative E
fields at the capacitors. Both strip-lines are connected by two cross-
strips, marked Lx, which were introduced to suppress the undesired ring
mode (I1 = −I2) at the RF frequency.
Fig. 3.1: Illustration of the Multix Body Coil (MBC): a) 3D drawing of the
MBC with its 8 Tx elements. b) Sketch of the MBC viewed from the side
of the patient table: The B0 field points towards the patient table, which
is anti-parallel to the z-axis of the coordinate system used for the FDTD
simulations. The patient is shown in a typical head-first scan position.
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The capacitors CM are used for impedance matching to the 50 Ω of
the feeding chain. Furthermore, all neighboring elements are connected
by a copper ring and the capacitors CD1 and CD2 for capacitive decou-
pling. Each Tx element is equipped with a pick-up coil (PUC) to allow a
direct monitoring of the element current. Moreover, the elements can be
detuned using PIN diodes to enable the use of other receive and transmit
coils.
Fig. 3.2: Geometry and circuitry of one Tx element: a) geometric drawing
(top view) b) circuit diagram (also showing the tuning capacitors C1 and
C2, the feeding port and the decoupling network which connects to the
neighboring elements). Courtesy of Peter Vernickel.
Spatial orientation
To model the RF coil and the patient relative to the main magnet cor-
rectly, the spatial orientation needs to be considered (see Fig. 3.1b). In
cylindrical Philips MR scanners, the main magnetic field B0 points out
of the bore, towards the patient table. The transmit-active magnetic
field component B+1 is left-handed with respect to B0 [6, 7]. On the
contrary, B+1 is usually defined as rotating mathematically positively
(right-handed / counter-clockwise) with respect to the z-axis of the co-
ordinate system [1], as implied in Eq. 2.4. This is also the case for the
simulation software used in this work (Remcom XFDTD). This implies
that the B0-axis and the z-axis need to be oriented in an anti-parallel way
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as shown in Fig. 3.1b. For a typical head-first orientation, the patient’s
head hence points in positive z-direction.
To generate a circularly polarized transmit field B+1 , the Tx elements
are driven with equal amplitudes and a phase advance of φ = n · 45°,
increasing with the element number n. This drive mode is referred to as
“quadrature excitation” and mimics the behavior of a birdcage resonator.
3.1.2 Generation of the FDTD model
FDTD geometry model
A simulation model of the MBC was created using the commercial sim-
ulation software XFDTD (Remcom Inc., PA, USA). All simulations
were performed on a 64-bit desktop PC equipped with two GPU cards
(NVIDIA FX5600, each with 1.5 GB memory size and 128 processor
cores, memory bandwidth 76.8 GB/sec).
The geometrical structure of the final FDTD model is shown in
Fig. 3.3, illustrating the discretization which is discussed further below.
The detuning circuitry and the matching network were not included in
the simulation. The pick-up-coils were also not included in the FDTD
model, instead the element currents are monitored by “point sensors”
located at the lumped capacitors for normalization purposes.
Resonance tuning
The capacitors were modeled as lumped elements and each Tx element
was tuned to the desired resonance frequency. This tuning can be
achieved iteratively by exciting the resonator with a broadband signal
(e.g. a Gaussian pulse) and iteratively varying the capacitor values until
the desired resonance frequency is reached [59]. A more efficient way is to
calculate the loop inductance from a simulation with initial capacitance
values and then to calculate the tuned capacity values [60]. Alternatively,
current sources can be used to calculate the loop inductance [61].
The aim is to tune the resonance frequency of the TEM mode to
128 MHz. When a Tx element is modeled in an orientation parallel to the
3D FDTD grid (e.g. between elements 1 and 8), the discretized strip-lines
are entirely flat and symmetric to each other, such that the resonance
frequencies of both strip lines coincide. This results in a distinct first
resonance frequency as plotted in Fig. 3.4 (tuned to 128 MHz). Several
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higher order modes occur above 300 MHz but these are not of interest
here.
When the element is rotated by 22.5° as shown in Fig. 3.3b, the
discretization of the strip-lines results in stair-casing. As the exact sym-
metry of the model is lost, both strip-lines now exhibit slightly differ-
ent impedances. Instead of a single resonance peak, multiple resonance
peaks were observed in proximity to the desired resonance. This results
from mutual coupling between the two strip-lines. The exact frequencies
of these resonance peaks were found to depend on the actual discretiza-
tion of the strip-lines, i.e. the number and width of the staircases. This
effect obviated a steady state solution of the initial simulations.
To avoid this behavior, the discretization of the strip-lines of the
rotated Tx elements were manually re-adjusted to achieve the same
staircase-pattern for both strips. After this refinement, the resonance
modes (see Fig. 3.4) were separated by at least 7 MHz. An energy trans-
fer between the two strip-lines was then no longer observed and the
simulations converged to a steady-state. Comparison of the currents in
all capacitors showed equal phases and amplitudes (not varying by more
than 5%), demonstrating that the selected resonance mode is the correct
TEM mode.
Fig. 3.3: Simulation model of the MBC at 5 mm grid resolution: a) Com-
plete MBC, b) Detailed view of one TEM element, each strip-line is equally
discretized by two stairs.
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Fig. 3.4: Frequency responses of a Tx element: When placed in parallel
to the FDTD grid (horizontal TEM), a distinct first resonance mode occurs
which was tuned to 128 MHz. After rotating the Tx element by 22.5°,
multiple resonance modes were observed. After ensuring that both strip-
lines are equally discretized, these modes were separated by at least 7 MHz.
The resonance mode with the highest amplitude could be verified to be the
desired TEM mode and was also tuned to 128 MHz.
Distance to the RF screen
Another discretization issue is that the different distances of the Tx
elements to the RF screen cannot be modelled realistically using a grid
size of several millimeters. To investigate the effect of the distance to the
RF screen, a Tx element was simulated at distances of 35 mm and 40 mm,
using a 5 mm grid spacing. The simulation results were then scaled to
B+1 = 1µT in the isocenter of the MBC. After this normalization, the
E field and B1 field distribution showed to be practically independent
of the distance to the RF screen. Quantitatively, the difference was less
than 1% at any location of the patient space. Significant deviations were
however observed in the gap between the element and the RF screen.
In summary, this indicates that both representations of the Tx ele-
ments are equally acceptable. However, a normalization is required to
obtain meaningful results. Such a normalization will be introduced in
the next paragraph.
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3.1.3 Calibration of the simulation and the hardware
A correspondence between the simulation and the physical MR hard-
ware needs to be established by a cross-calibration. A broad variety
of Tx arrays for parallel transmission exists, varying in load-sensitivity,
strength of inter-element coupling, and presence of pick-up coils (PUCs).
Depending on these parameters, a suitable calibration needs to be de-
signed.
Normalization
Power-based calibration: The commonly used approach to normal-
ization is to measure the RF forward power at the physical coil
and to scale the simulated forward power to that value [46]. In
many cases, it is however difficult to model the relation between
the forward power and the resulting RF field correctly, as the re-
lation depends on multiple patient-dependent factors (i.e. power
reflection, coil resonance quality, and inter-element coupling).
One approach to model these effects comprehensively is to combine
the EM simulation with a port-based post-processing [62]. In this
approach, the S-parameter matrix of the loaded coil array is mea-
sured and the pre-simulated EM fields are superpositioned such
that the same S-parameter matrix is achieved in the simulation.
Element-current-based calibration: If the RF coil is equipped with
pick-up coils (PUCs), calibration can alternatively be performed
based on measurement of the amplitudes and phases of the cur-
rents in the Tx elements. This is motivated by the fact that the
RF field generated by one Tx element is proportional to the element
current. This represents a more direct access than a power-based
calibration, avoiding the load-dependent uncertainties and not re-
quiring a phase-sensitive power measurement in the MR scanner.
Coupling
The magnetic field generated by each Tx element induces opposing cur-
rents in the other elements, according to Lenz’s law, which is referred to
as “coupling” and needs to be considered in the calibration. The element
currents can be measured, if pick-up coils are located at each Tx element.
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Given the vector of voltages VDA at the digital-to-analog converter, the
vector of PUC signals VPUC can be expressed by the linear equation:
VPUC = Asys · VDA (3.1)
where Asys is referred to as the “system matrix”, describing the reso-
nance quality and mutual inductive coupling between the elements [53].
Complete modeling of this relation is again difficult, as Asys depends not
only on the static RF chain (cable losses, RF amplifier calibration, coil
geometry and circuitry) but also on variable, patient-dependent factors
(power reflection, coil resonance quality, and inter-element coupling).
Instead, ideal decoupling can easily be enforced in simulations by
simulating each element separately while the remaining elements are
detuned [63]. The simulation is then run for each Tx element, with
the element current Ii in the i-th element being non-zero in the i-th
simulation, while all remaining element currents are forced to zero. There
are two approaches for linking these ideally decoupled simulations to
reality:
Active decoupling: The system is controlled to match with the de-
coupled simulations. To achieve this, the system matrix Asys is
determined first, using the pick-up coils to measure the element
currents. Then, the inverse system matrix A−1sys is calculated and
applied to the Tx signals directly before DA conversion to com-
pensate the coupling between the physical Tx elements [64, 65].
This facilitates a relatively direct control of the individual element
currents.
Linear superposition of the simulation results: The RF field sen-
sitivities of the coupled system are predicted using the measured
system matrix (Scoupled = Asys · Suncoupled). This approach allows
to simulate the coupled system without need to modify the Tx
signals.
Implementation
In this work, an element-current-based calibration with active decoupling
was used. The simulation results were normalized to an element current
that produces 1µT in the center of the empty coil simulation. At the
physical MR scanner, the pick-up coils of the MBC are designed as non-
resonant figure-of-eight coils and hence relatively insensitive to loading
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and to B1 fields from neighboring Tx elements. The pick-up coil signals
were calibrated to the signal which corresponds to 1µT, as measured
with a small oil phantom in the isocenter, using active decoupling.
3.1.4 Simulation results for the empty MBC
For verification, the empty MBC was simulated at quadrature excitation.
The resulting magnetic and electric fields are shown in Fig. 3.5. The
transmit active field component B+1 is highly uniform throughout the
scan volume. The reversely polarized component B−1 is similar to B
+
1
close to the coil elements, but quickly decays to zero towards the patient
space. This means that the quadrature efficiency of the simulated empty
MBC is almost 100%. Ideally, only transversal magnetic fields B+1 and
B−1 are expected, but an axial component B1z is also observed due to the
finite length of the coil elements. In the xy-isocenter plane and along the
z-axis, the axial field component B1z is close to zero due to symmetry,
i.e. magnetic field components generated by opposite structures cancel
out.
As for the E field, the Ez component is generally dominant, whereas
Ex and Ey are comparably small. There are two reasons for this: First,
the conservative E field component occurs mainly in the direction of the
capacitors CS , i.e. in z-direction. Second, the magnetically induced E
field component mainly results from B+1 and points in z-direction (result-
ing from the curl operator with dB+1 /dz ≈ 0 and B−1 , Bz ≈ 0). Towards
the ends of the bore, transverse E field components are also observed, as
B+1 decreases (|dB+1 /dz| ≫ 0). On the contrary, the transverse E field
is zero in the coil’s center, where the magnetic field is spatially constant.
3.2 Validation for the empty MBC
3.2.1 Experimental validation of the B1 fields
B1 mapping protocol
For experimental validation, transverse B1 maps were acquired for each
Tx channel, using a cylindrical oil phantom (Ø40 cm, thickness 10 cm).
The dielectric properties are comparable to vacuum (εr ≈ 3 . . . 4, σ ≈
0 S/m). Hence, the measured B1 maps can be validated against B1
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fields obtained from a simulation of the empty MBC. Measurements
were carried out with and without active decoupling.
The actual flip-angle imaging (AFI) technique is an approach to B1
mapping in the steady-state of the spin-system and is hence relatively
fast [66,67]. The method consists of two interleaved fast field echo (FFE)
acquisitions with different repetition times TR1 and TR2. The scan
parameters used were: TR1 = 20 ms, TR2 = 100 ms, and TE = 1.8 ms. A
FOV of 480×480 mm2 and a transverse resolution of 5×5 mm2 were used.
To increase SNR, an all-but-one excitation scheme was used (i.e. eight
measurements were performed, driving seven elements and leaving one
out each time) [68, 69]. From this set of linear combinations, the B1
maps of all single elements were calculated.
Postprocessing and results
The region outside the phantom was masked out in the maps and the sim-
ulation and all fields were normalized to their mean (shown in Fig. 3.6).
When active decoupling is not applied (Fig. 3.6a), the measured fields
were asymmetric and a “transmitter blind-spot” can be observed, as the
induced currents produce a constructively interfering B+1 field on one
side and a destructively interfering B+1 field on the other. This is a well-
known effect of mutual coupling between coil elements [46]. With active
decoupling (Fig. 3.6b), the measured B1 field is much more symmetric
and corresponds with the simulation (Fig. 3.6c). Since the difference is
hardly visible by eye, the profiles are shown in Fig. 3.7. The progression
of the curves shows good qualitative agreement. For quantitative error
assessment, the coefficient of variation (CV – defined as the standard
deviation divided by the mean) was calculated for all elements and is
listed in Tab. 3.1. The average deviation was 9.75%.
coil 1 coil 2 coil 3 coil 4 coil 5 coil 6 coil 7 coil 8 avg.
11.5% 12.7% 9.9% 10.3% 12.1% 6.8% 6.7% 8.1% 9.75%
Tab. 3.1: Coefficients of variation (CV) of the B1 maps of all Tx elements,
calculated for a transverse slice.
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Fig. 3.5: Simulated B1 and E fields in the empty MBC at quadrature
excitation: The transmit-active magnetic field B+1 is highly homogeneous,
whereas the non-transmit-active component B−1 quickly tends to zero. Re-
sults for the xy-plane are identical to the xz-plane.
The Ez component along the Tx elements is generally dominating. Only
towards the ends of the bore where B1 strongly changes locally, noteable
Ex and Ey fields are observed. Results for the xy-plane are the same as
for the xz-plane, but with Ex and Ey swapped due to the different spatial
distribution of the linear modes B1x and B1y (not shown).
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Fig. 3.6: Measured and simulated B+1 fields of a single Tx element: The
passive decoupling network only achieves partial decoupling (a) and the
resulting map is slightly asymmetric. With active decoupling (b), the mea-
surement is fully symmetric and corresponds well with the simulation (c).
(a) Horizontal profile (b) Vertical profile
Fig. 3.7: Measured and simulated B+1 profiles for a single Tx element with
active decoupling: Measurement and simulation show good agreement.
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3.2.2 Experimental validation of the E fields
For measurement of the electric fields, an MR-capable E field probe was
built according to [70] and calibrated using a TEM cell. The probe con-
sists of a fan-tailed dipole antenna with a diode detector and a high
impedance connection to an oscilloscope to minimize coupling into the
cable. Two sources of error were identified: 1) Varying the cable position-
ing and orientation inside the TEM cell led to measurement deviations
up to 20%. 2) Ideally, the probe measures only the E field component
which is in parallel to the antenna. However, during the calibration, the
cross-sensitivity to orthogonal E fields was determined as up to 15%.
In the MR scanner, RF excitation was performed in quadrature mode
using block pulses (duration 20 ms). The repetition time was set to
TR = 300 ms to allow the probe to settle to zero between the pulses.
For calibration of these pulses, the stimulated echo sequence from the
systems power optimization was used with a small oil phantom in the
isocenter. A unit PUC signal was found to correspond to B+1 = 0.804µT.
The simulated RF fields were scaled to this amplitude for comparison.
The dominating electric field component Ez was measured along
three different axes inside the bore of the empty scanner, as illustrated
in Fig. 3.8. In each series, measurements were taken at intervals of 5 cm
Fig. 3.8: Transverse (left) and axial (right) cross-sectional views of the
MBC: The locations of the measurement series 1–3 in Figs. 3.9 to 3.11 are
illustrated.
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and repeated four times at each location to compensate for positioning
inaccuracy.
In series 1, the Ez field was measured along the x-axis. As shown in
Fig. 3.9, the measurement qualitatively and quantitatively agrees with
the simulation. However, there is a slight asymmetry in the measured
values, which is probably due to calibration errors of the individual TEM
elements or due to imperfect RF decoupling. The maximum deviation
of the mean to the simulation was 26.3 V/m at x = −28 cm, which
corresponds to a deviation of 14.6% of the maximum E field in this
series.
In series 2, the Ez field was measured along the z-axis at x = 15 cm.
In this area, the E field is mostly determined by the spatial derivative of
the B1 field which changes rather smoothly. As shown in Fig. 3.10, the
simulation generally conforms to the measurements, but overestimates
the measured E field in the central region by up to 14.2%. The simulation
results are shown with and without the decoupling ring, revealing only
a marginal difference between the two cases along this axis.
In series 3, the measurement axis was shifted to x = 28 cm, which
was the closest feasible distance to the bore wall. In this area, the E field
is additionally constituted by the conservative E fields of the capacitors.
The four series capacitors CS occur as localized peaks in Fig. 3.11. The
E field is not symmetric to z = 0 due to the decoupling network, which
was not included in the initial simulation “FDTD without decoupling
ring”. The improved simulation with the decoupling ring matches the
measurements to a maximum error of 29.0 V/m (14.9% of the maximum
E field) for most locations. Only in the range −25 cm ≤ z ≤−15 cm, the
error increases up to 58.3 V/m at z = −20 cm (29.9% of the maximum
E field), even when the decoupling ring was included in the simulation.
This is partly due to large E field gradient and the limited spatial resolu-
tion of the probe, but likely also due to limited accuracy of the simulation
at this close proximity to the decoupling capacitor.
Overall, the simulated E field agreed well with the measurements.
The error was not greater than 15% in the central area, where the E
field is governed by the magnetically induced component. However, the
simulation error may be significantly larger close to the capacitors, where
the conservative E field depends strongly on the exact modeling of the
capacitors.
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Fig. 3.9: Series 1: Measured Ez on the x-axis (z = 0 cm, y = -2 cm)
The errorbars indicate the minimum and the maximum value measured, as
well as the mean (circle). Generally good agreement was observed, the
measured E field distribution was however less symmetric than expected,
which might be due to calibration errors. The simulation is also not perfectly
symmetric, due to numerical errors.
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Fig. 3.10: Series 2: Ez in parallel to the z-axis (x = 15 cm, y = -2 cm)
The errorbars indicate the minimum and the maximum value measured, as
well as the mean (circle). Good agreement was observed, independent of
whether the decoupling ring is included in the simulation.
Fig. 3.11: Series 3: Ez in parallel to the z-axis (x = 28 cm, y= -2 cm)
The errorbars indicate the minimum and the maximum value measured, as
well as the mean (circle). The location of the element capacitors Cele is
equally apparent in measurement and simulation. The steep local E field
changes around the decoupling ring (z = −20 cm) are only represented by
the model that includes this feature.
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3.2.3 Experimental validation of the global SAR
For validation of the global SAR, the simulated SAR values were com-
pared to the resulting temperature increase measured in a phantom in
the MR scanner. For this purpose, a phantom was first simulated in
FDTD and then exposed to RF excitation in the MR scanner.
A spherical glass bottle with an inner diameter of 20 cm (i.e. a
volume of 4.3 l) was used as the phantom and filled with a Na-Cl so-
lution. The electrical conductivity was measured as σ = 0.37 S/m at
direct current and is frequency-independent for practical purposes [71]
(error < 1% up to 128 MHz). The relative permittivity for this salinity
can be calculated according to [71] as εr = 78. The phantom was in-
sulated thermally using polystyrene plates and placed in the isocenter
of the scanner. Then a fiber-optical temperature probe (Luxtron 790,
LumaSense Technologies, Santa Clara, CA, USA) was placed in the cen-
ter of the sphere and the phantom was allowed to settle thermally for
several hours. Subsequently, an MR scan was performed for 31 minutes,
using quadrature excitation at a predicted global SAR level of 2 W/kg,
as calculated using the Q-matrix from the FDTD simulation.
Fig. 3.12: Temperature rise in the calorimetry experiment. The MR scan
was started at t = 10 min and stopped at t = 41 min and temperature
was monitored with a fiber-optical probe. As expected, a linear temperature
increase was observed.
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The measured temperature response is shown in Fig. 3.12. Quan-
titatively, a temperature rise of 0.95 K was measured. From this tem-
perature rise, the average SAR in the phantom can be estimated as
SAR = cH
∆T
∆t = 2.13 W/kg. This means that the measured SAR is
6.5% higher than the simulated SAR. Overall, the temperature increase
due to the RF power delivered to the system agrees well with the simu-
lation.
3.3 Conclusions
In this chapter, the generation of an FDTD model of the 8-channel
Multix-Transmit Body Coil (MBC) was described. Numerical instabili-
ties due to staircasing could be addressed by a closely symmetric design
of the discretized strip-lines. A usual power-based calibration is not well
suited for this load-sensitive Tx array. Instead, a novel calibration ap-
proach based on element currents and active decoupling was developed
and validated. The simulated B1 field, E field, and temperature increase




In recent years, several generic human body models have been developed.
Among these, the Visible Human Male and Female [72–74], the Virtual
Family [75], and the NORMAN and NAOMI models [76, 77] are most
prevalent. Despite of the variety of these models, the SAR prediction
accuracy is inherently limited since these models do not match the indi-
vidual patient and have never been validated. The patient-dependency
of the local SAR leads to a systematic error of any EM simulation using
generic body models, as has been pointed out by several researchers.
These errors arise from factors such as body size and shape [78–80], gen-
der and body-fat distribution [74] as well as body posture and position
within the MR scanner [81].
It is generally reasonable to use multiple human body models for
safety assessment to account for these patient-dependent variations [6].
Anatomically poseable versions of the Visible Human Male and Female
(Varipose, Remcom Inc., State College, PA, USA) as well as the Virtual
Family models (SEMCAD X Poser Package, SPEAG, Zurich, Switzer-
land) have been developed for this purpose. Such skeleton-based modi-
fications, however, do not represent different body shapes or varying fat
and muscle content within the body.
Furthermore, there is currently no consensus about the required model
complexity. It is self-evident that a high number of segmented body
tissues and a maximal spatial resolution is desirable to achieve high ac-
curacy. Currently, the highest model detail is available for the Virtual
Family, offering up to 0.5 mm spatial resolution and about 80 different
tissue types. From a practical perspective, a lower spatial resolution is
desirable due to memory and processing constraints. For example, the
Based upon: H. Homann, P. Börnert, H. Eggers, K. Nehrke, O. Dössel, and
I. Graesslin, “Toward Individualized SAR Models and In Vivo Validation,” Magn.
Reson. Med., vol. 66, pp. 1767–1776, 2011.
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computation time of FDTD scales with the 4th power of the spatial res-
olution. Especially for parallel transmit MR systems, where simulations
have to be carried out repeatedly for several Tx coil elements, this is an
important factor.
In this chapter, first the required model detail is investigated with re-
spect to spatial resolution and the number of body tissue classes. Then,
the hypothesis is proposed that the local SAR values can be sufficiently
represented by simplified models which distinguish only between fat,
water-rich, and lung tissues. Supported by this, a novel process for gen-
eration of individualized body models for SAR calculations is proposed.
Finally, a first in vivo validation of EM simulations is presented. For all
simulations, the MBC was driven in quadrature mode. All simulated Tx
fields were scaled to a B1 field of 1µT, averaged over the body model in
the transverse isocenter slice.
4.1 Numerical resolution
For large homogeneous objects, a numerical grid resolution of ∆x ≤
λmin/10 (where λmin is the shortest wavelength) is generally consid-
ered as sufficiently accurate for modeling the RF wave propagation on
a numerical grid [57]. In addition, the grid-spacing should also be
much smaller than the skin-effect depth to accurately model the cur-
rent distribution within lossy materials. At 128 MHz, these values are
λmin ≈ 300 mm and δskin ≈ 50 mm in muscle tissue, indicating that a
grid resolution of 5 mm might be sufficient for EM simulations.
However, for simulations of the human body, the heterogeneous ana-
tomy needs to be modeled accurately enough to represent the current
paths through the body, especially in the proximity of potential local
SAR hotspots. For the large organs, a rather coarse grid may be accept-
able, whereas different requirements may apply in more delicate regions,
especially in the head [82]. An isotropic grid resolution of 5 mm has been
reported to be suitable for RF simulations at 64 MHz when using an MR
saddle head coil, loaded with the Visible Human Male [83].
Methods
The question of a reasonable grid resolution for SAR simulations of a 3 T
body coil is addressed in this section. The Visible Human Male model
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was rescaled from a 1 mm voxel dataset to isotropic grid resolutions of
2.5 mm, 3.5 mm, and 5 mm. The resulting body models were simulated
inside the model of the MBC for an abdominal scan position. The mesh
sizes were 300×300×770 cells at 2.5 mm grid resolution, 230×230×566
cells at 3.5 mm, and 170×170×400 cells at 5.0 mm. The dielectric tissue
properties at 128 MHz were calculated according to Gabriel et al. [84] as
listed in Appendix A.5. The tissue density was uniformly set to 1 g/cm3.
The model of the RF body coil was initially created and tuned at a grid
resolution of 5.0 mm. This geometric coil model was re-meshed to the
finer mesh resolutions. This procedure was verified to have no effect
on the coil’s resonance frequency. All results were normalized to 1µT,
averaged over the body in the isocenter slice.
Results
The local SAR distribution for the Visible Human Male at the different
grid resolutions and tissue segmentations is compared in Fig. 4.1 and
the relevant numerical SAR values are listed in Tab. 4.1. The general
pattern of the local SAR is highly similar for all three spatial resolutions.
The global SAR values are almost constant, independent of the grid
resolution. The maximum local SAR for a single mesh cell increases
with resolution. When averaging over 1 g or 10 g of tissue, this trend is
no longer observed. When averaging over 10 g, the numerical error due to
grid resolution is in the range of 20%. Independent of the grid resolution,
the maximum local SAR occurred at the same location in the muscle
tissue of the left arm, not varying by more than 5 mm independent of
the resolution. Using the GPU cards, computation times for each Tx coil
element were 45 min at 5.0 mm spatial resolution and 2 hours at 3.5 mm
resolution. The 2.5 mm grid exceeded the memory size of the GPUs and
had to be calculated on the CPU instead, resulting in a computation time
of 104 hours per Tx coil element. The SAR calculation and averaging
over 10 g was performed in less than one minute.
Discussion
The variation of the grid resolution did not lead to considerable changes
in the body-averaged SAR. The general local SAR pattern was highly
similar for all resolutions investigated, but the exact numerical values
varied even when using an averaging mass of 10 g. Even though the
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Fig. 4.1: SAR distributions for the Visible Human Male at different grid
resolutions: Shown are maximum intensity projections, averaged over 10 g
of tissue. The local SAR pattern shows little variation when reducing the
grid resolution from 2.5 mm to 5.0 mm.
distance between the arms of the Visible Human Male and the RF body
coil was relatively small (2.5 cm at the closest point), the local SAR in
the arms showed little variation with the spatial resolution. In contrast,
a different positioning of the lower arms leads to strong variations of the
local SAR [85].
Overall, the error due to grid resolution is relatively small compared
to patient-dependent variations of the local SAR values. This suggests
that a 5.0 mm grid resolution is an acceptable compromise for SAR mod-
eling of RF body coils at 3 T.
Tab. 4.1: SAR values (in W/kg) for the Visible Human Male at different
grid resolutions, normalized to B1,rms = 1µT at quadrature excitation.
Grid whole-body unaveraged max. 1 g max. 10 g
resolution SAR local SAR local SAR local SAR
2.5 mm 0.54 35.68 13.76 8.88
3.5 mm 0.57 24.91 11.63 6.98




This section addresses the required detail in the soft-tissue segmentation
for accurate modeling of the dielectric tissue properties of a human body.
Overall, even a large uncertainty (up to a factor of 2) in permittivity and
conductivity was reported to have little influence on the whole-body
SAR estimation, whereas no direct correlation can be predicted for the
local SAR [86]. More recently, Gabriel and Peyman [87] presented an
error analysis that attributes the large differences in published results to
random uncertainties and quantified the error in their dielectric values
as less than 10% standard deviation of the mean.
While several highly detailed human body models exist, the question
which tissues in the segmentation are essential for accurate SAR esti-
mation has rarely been addressed. Comparing the dielectric properties
of human body tissues reported by Gabriel et al. [84] as visualized in
Fig. 4.2, most organs of the human body have dielectric properties simi-
lar to muscle tissue (σ = 0.72 S/m, εr = 63.5 at 128 MHz) within an error
of 40%. Fat tissue is distinguished in that its conductivity and permittiv-
ity are comparably small, such that this tissue hardly influences the RF
wave propagation. The lungs and bones exhibit dielectric properties in
the intermediate range between muscle and fat. Some ionic body fluids,
such as the cerebrospinal fluid (CSF), show a significantly higher conduc-
tivity than the body’s organs. Quantitatively, fat and muscle contribute
most to the total body mass, but also show the highest variation among
patients [88], whereas the remaining tissues occur in much smaller frac-
tions. Consequently, van den Bergen et al. [89] reported no significant
differences in the SAR values in a human torso model when replacing
all tissue types other than bone, fat, and lung by muscle, facilitating
automated segmentation by thresholding from CT scans.
During RF exposure, power deposition occurs rather in highly-con-
ductive (muscle, liver, CSF, etc.) than in low-conductive (fat and bone)
tissues [90]. This effect is well known in medical diathermy, where RF-
induced eddy currents are commonly used to achieve selective heating
of conductive tissues, e.g. for muscle relaxation. The eddy current path-
ways through the body are composed of conductive tissues and the avail-
able cross-section along a current path is determined by the surrounding
low-conductive tissue, i.e. the body fat distribution [18]. The above re-
lations lead to the hypothesis that the proportions and the distribution
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Fig. 4.2: Dielectric tissue properties at 128 MHz according to Gabriel et
al. [84], every cross corresponds to one tissue class. The properties of most




of body fat and muscle tissue have a distinguished impact on the wave
propagation and eddy current pathways in the human body, whereas
other organs can potentially be treated as similar to muscle tissue for
EM simulations.
Methods
To test the hypothesis whether muscle tissue is a reasonable representa-
tion of all water-rich body tissues, three different simulations were car-
ried out for the Visible Human Male and Female: a) using the original
models (number of tissue types: 36 in the male model, 33 in the female
model), b) with the dielectric properties of fat assigned to bones and the
properties of muscle assigned to all other tissues except the lungs (in the
following referred to as “muscle-fat-lung model”), and c) replacing the
fat segments by muscle as well (referred to as “muscle-lung model”). An
isotropic grid resolution of 5 mm was used and again local and whole-
body SAR values were calculated. Again, all results were normalized to
1µT.
Results
A comparison of the original Visible Human Male and Female models
with the muscle-fat-lung models is shown in Fig. 4.3. The local SAR
patterns of the muscle-fat-lung models can hardly be distinguished from
the original. The hotspots occur at the same locations, varying only
marginally in shape. Quantitative results are listed in Tab. 4.2. Without
averaging, the local SAR values differ significantly between the models.
However, when averaging over 10 g of tissue, the differences in local SAR
are clearly reduced (7.5% and 2.6% at the maximum hotspot for the male
and the female model, respectively). In contrast, the hotspots in the
muscle-lung models appear blurred or are not present at all (differences
> 100%).
Discussion
A close agreement of the original Visible Human models with the muscle-
fat-lung models was observed. This indicates that not all detail provided
by present body models is required for SAR calculations and that the
number of tissues can be significantly reduced. Neglecting the distinction
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Fig. 4.3: SAR distributions for the Visible Human Male and Female with
different soft-tissue segmentations: Shown are maximum intensity projec-
tions, averaged over 10 g of tissue. For both models, the local SAR pattern
shows little variation when reducing the number of tissue classes to the
muscle-fat-lung (MFL model). Not differentiating between muscle and fat




between water-rich and fatty tissues in the muscle-lung model, however,
led to an unacceptable blurring of the SAR hotspots. This blurring
can be explained by the fact that the eddy current paths through the
human body are determined by the distribution of conductive tissues.
At locations where the conductive paths become narrow between regions
of low-conductive (fatty) tissues, hotspots can occur [18]. This is not
represented in the simplistic muscle-lung models which do not describe
the eddy current pathways and hence cannot correctly resolve the local
SAR patterns. Due to this blurring of the hotspots, lower overall SAR
levels might be expected. However, the SAR in the muscle-lung models is
higher than in the original model. This is due to the increased dielectric
loading from the highly conductive model and an increased RF input
power when normalizing the results to B+1 = 1µT.
Furthermore, the validity of muscle-fat-lung models is also supported
by the in vivo study in the following sections, where promising agreement
was obtained between the simulated RF fields based on the volunteer
models and the measured B1 maps. However, the simplification down to
just three tissue classes might be too drastic for accurate representation
of all hotspots in the human body. Especially, the representation of
tissues with dielectric properties significantly different than muscle, such
as CSF, requires further research.
Tab. 4.2: SAR values (in W/kg) for the Visible Human Male and Female
models with different soft-tissue segmentations, normalized to B1,rms =
1µT at quadrature excitation.
Model whole-body unaveraged max. 1 g max. 10 g
SAR local SAR local SAR local SAR
Visible Human Male:
Full segmentation 0.58 22.78 11.90 8.79
Only muscle, fat, lung 0.59 32.14 12.96 8.13
Only muscle, lung 0.87 49.09 41.85 29.67
Visible Human Female:
Full segmentation 0.51 11.44 7.04 4.70
Only muscle, fat, lung 0.51 18.76 9.12 4.82
Only muscle, lung 0.92 22.84 16.43 12.67
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4.3 Body model generation based on
water-fat separated MR data
Methods
A process for generation of individualized body models is proposed in
this section, comprising the following steps: 1) The acquisition of a
chemical-shift encoded whole-body MR dataset, 2) a voxel classification
based on water-fat separation, and 3) the generation of an FDTD model.
The exact resonance frequency of the hydrogen nuclei depends on
their chemical binding. Water and fat exhibit a chemical shift of 146 Hz/T.
In each voxel containing water and fat, the resulting signal varies in am-
plitude and phase, depending on the contributing water and fat frac-
tions and the echo time. If two or more MR images with different echo
times are acquired, the contributing water and fat fractions can be re-
constructed using vector geometry [91]. Such approaches are referred to
as Dixon methods. In contrast to chemical-shift selective approaches,
Dixon methods allow for simultaneous acquisition of water and fat im-
ages and are more robust against inhomogeneities of the main field B0
to achieve optimal results over a large field of view.
In this work, whole-body 3D imaging was performed at the 3 T scan-
ner with the MBC (5 volunteers) and at a conventional 1.5 T scanner
(9 volunteers). A multi-gradient echo sequence was applied in a con-
ventional multi-station scanning approach employing the body coil for
reception. Three echoes (echo time intervals ∆TE = 1.5 ms and 0.7 ms
at 1.5 T and 3 T, respectively) were sampled after each RF excitation
pulse, using a bipolar readout gradient to increase scan efficiency [92].
The pixel bandwidth was about 10 times the water-fat shift, so that
chemical shift displacement effects were negligible. An isotropic grid
resolution of 5 mm was chosen; a flip angle of 10◦ and a repetition time
of TR = 5.6 ms were used. The field of view at each station was set to
520×390×160 mm3. For validation, B1 field maps were acquired from
the volunteers scanned in the 3 T MBC directly after the whole-body
scan, as described later in Section 4.4.
The 3D data were reconstructed for each station and each echo indi-
vidually. In this work, a three-point Dixon approach was used, similar
to the one described in [93]. To compensate for phase errors resulting
from the bipolar readout gradient, an eddy current correction was ap-
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plied [94]. The water-fat-separated images of the different stations were
finally combined to form whole-body water and fat images.
The voxel classification was performed as follows: Each voxel was
labeled either as “water”, if its intensity in the water image was greater
than the intensity in the fat image, or as “fat” in the opposite case. For
segmentation of the lungs and the background, a mixture model [95]
was applied to find an intensity threshold. Two Gaussian distributions
were used to model the water- and fat-dominated tissues. An expo-
nential distribution was chosen to model the background noise. The
model parameters of these three distributions were optimized iteratively
by an Expectation-Maximization algorithm, as described in detail in
Appendix A.3. An example of the resulting distributions is shown in
Fig. 4.4.
All voxels with an intensity below the threshold were joined to groups
of connected voxels. The largest group was then labeled as “back-
ground”, the second and third largest groups were labeled as the two
“lungs”. Usually, some more groups remained due to areas of low sig-
nal intensity inside the human body, e.g. in cortical bone or in air filled
cavities (stomach, intestines, or paranasal sinuses). These regions are
typically low-conductive and were also labeled as “fat”.
Results
Whole-body imaging took about 5 minutes and was mostly limited by
repeated acceleration and deceleration of the patient table. Consistent
3D image quality and robust water-fat separation were observed for al-
most the entire body. Visual inspection of the models and the original
images showed that the classification into water and fat agreed with
the anatomy. The brain and the abdominal organs were represented
by muscle tissue and the bones were mostly modeled by fat. However,
structures of a size similar to or smaller than the scan resolution were
not accurately represented. In such cases, the surrounding tissue deter-
mines the classification due to the partial volume effect. This can be
observed in Fig. 4.5, where the skull as well as the tibia and fibula are
partially classified as muscle tissue. Some minor segmentation errors are
also observed as reduced intensity and swapping artifacts in some of the
volunteers in the outer regions of the arms (cf. Fig. 4.5). These areas
were located at the borders of the scanner’s imaging volume, where the
main field homogeneity locally changes very rapidly, making water-fat
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separation difficult. This effect was less pronounced at 1.5 T than at 3 T
due to better main field homogeneity.
The background threshold was reliably found by the Expectation-
Maximization algorithm within a few iterations and was robust against
variations of the initial distribution parameters. Visual inspection fur-
ther showed that the threshold allowed a valid detection of the back-
ground for all volunteers. The same threshold also identified the lungs
correctly.
Discussion
The presented approach for generating human body models based on 3D
water-fat-resolved MR data reflects the importance to differentiate be-
tween highly-conductive water-rich and low-conductive fatty tissues as
well as the lungs for accurate representation of the eddy current paths
in the human body. The presented approach is relatively robust and
suitable for future automation of the model generation process. This
represents a major advantage over traditional, mostly manual segmen-
tations.
Modelling of smaller structures in the range of the voxel size was
found to be incomplete, which will lead to inaccurate representation of
the current paths, e.g. in the head due to inaccurate segmentation of
the skull. To avoid such errors from partial volume effects, a higher
resolution might be required in the concerned areas. Especially for SAR
simulations of the head, further studies are required. Furthermore, the
residual water-fat swapping artifacts at the arms remain to be addressed
for automated modeling of bigger patients. In the future, this problem
might be overcome by the advancement of wide-bore and better magnets
as well as dedicated water-fat separation algorithms.
Scan efficiency of the approach might be improved further by the
use of moving table approaches [96], advanced two-point-Dixon meth-
ods [94], or compressed sensing [97]. Possibly, further improvement could
be obtained by a more elaborated segmentation in temperature critical
regions, such as the eyes or the testes.
One application area for such models is RF coil design, where the
dielectric loading by the patient significantly affects tuning and power
matching. Furthermore, SAR optimization during RF coil design is gain-
ing importance with the advance of higher field strengths due to intrin-
sically higher SAR. As the proposed three-compartment models consist
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Fig. 4.4: Generation of the muscle-fat-lung models: To find a threshold
that identifies the background and the lungs, a mixture model is fit to
the histogram by an Expectation-Maximization algorithm. The threshold is
defined as the intensity where the distribution functions of water and of the
background cross each other.
Fig. 4.5: Generation of the muscle-fat-lung models: From the water-fat-
separated Dixon images, an intensity-based voxel-by-voxel classification into
pure water and fat voxels is achieved. Some smaller artifacts in the water-fat
separation at the arms are indicated by arrows.
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of relatively large homogeneous regions. They are hence well suited for
a tetrahedral representation with few elements. With such models, the
finite elements method (FEM) or the method-of-moments (MoM) might
become suitable alternatives to FDTD simulations that are not restricted
to a staircased geometry and are hence better suited to model the fine
oblique structures of RF coils.
4.4 In vivo validation
The voxel models generated at the 3 T scanner were imported into the
FDTD simulation software and carefully placed inside the model of the
MBC. The model position was adjusted to match the volunteer’s body
orientation and position during the acquisition of the B1 field maps.
Dielectric properties according to [84] were assigned to the segments
as listed in Appendix A.5. Subsequently, FDTD simulations were per-
formed for SAR estimation and experimental validation.
For validation of the EM simulations by means of MR, B1 mapping
was performed. A similar procedure was applied earlier in a human
corpse, using a multi-flip angle method and an additional T1 mapping
scan for error correction [98]. However, due to relatively large repetition
times, that approach is not feasible in vivo. In this study, the actual
flip-angle imaging technique (AFI) was used for B1 mapping, which is
based on a spoiled steady-state protocol with dual alternating TR and is
inherently T1-insensitive for TR1,TR2 < T1 [11, 67]. The B1 field maps
were acquired directly after the whole-body scan in the identical posture
of the volunteer within a single breathhold. The protocol parameters
were TR1/TR2 = 20/100 ms, TE = 2.3 ms, and flip angle 60
◦ at a scan
resolution of 5×5×15 mm3.
The simulated and the measured B1 field maps are compared in
Fig. 4.6. Fig. 4.6a shows a validation for different anatomical regions in
a selected volunteer. The general field pattern in the simulation agrees
well with the measurements, indicating that the RF wave propagation is
reasonably represented by the muscle-fat-lung model. This can be seen
in the legs, where muscle and fat tissue clearly dominate, as well as in
the abdomen, where the intestines have similar dielectric properties as
muscle tissue. Also in the head, where this would not necessarily be
expected, a good agreement was found. An explanation for this is that
the brain is entirely represented as “muscle” in the models, which has
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similar dielectric properties as gray matter, the major component of the
brain.
Fig. 4.6b shows changes of the magnetic field for another volunteer
when positioning arms either along the body or on top of the belly. The
general field pattern in the torso is similar for both arm positions, but
some differences can be seen at the sides of the torso, where B1 is higher
with the arms stretched out along the body. The standard deviations of
the difference images ranged from 14.0% to 22.6%.
Overall, the comparison of the simulated and the measured B1 fields
showed quantitative and qualitative correspondence which presents, to
our knowledge, the first in vivo validation of RF field simulations in the
human body. The standard deviation of the error ranged up to about
20%, however locally higher deviations were observed. Some of these
deviations might be attributed to errors in B1 mapping or to motion of
the volunteers between the scans.
4.5 Conclusions
In this chapter, a novel approach to the generation of body models for
SAR simulations was presented. This approach considers that eddy cur-
rent paths inside the patient body are mostly determined by the water-
fat distribution. This suggests that the number of tissue segments can be
significantly reduced. Body models with just three tissue classes (“fat-
like” tissue – including bone, ”muscle-like” tissue, and the lungs) at a
spatial resolution of 5 mm showed consistent results for an RF body coil
at 3 T.
An MR procedure for acquiring such models based on water-fat-
separation was presented, which is robust enough for future automation.
A validation of the simulation results was performed by comparison with
B1 field maps, showing quantitative and qualitative agreement of the RF
field pattern for several volunteers in different body positions.
Overall, a more realistic representation of the actual SAR for a spe-
cific volunteer can be expected from these individualized body models
than provided by existing generic body models. In a clinical setting,
generating specific body models for every patient is not practical today
due to simulation times in the order of a few hours. For this reason,
the model generation and simulation process needs to be separated from
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Fig. 4.6: Comparison of simulated and measured B1 fields: a) B1 maps
at different patient positions in the scanner show a similar pattern. The
standard deviation of the difference is given below the respective images.
b) Different placements of the arms result in small variations of the B1
field, especially at the sides of the torso. All images were normalized to
B1 = 1µT, averaged over the transverse slice.
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the actual MR examination. Instead of creating patient-specific models,
the presented approach can be used to create a database representing
a broad variety of patients and covering different anatomies and body
poses. This allows to select the most suitable model for each individual
patient, depending on his/her height, weight, gender, body positioning
within the RF coil, and other parameters for appropriate SAR estima-
tion.
The presented approach supports the rapid generation of body mod-
els for patient-specific and more accurate SAR simulations. Even though
online-modeling from a patient-specific pre-scan seems not practical to-
day, similar approaches are current clinical practice for attenuation cor-
rection in PET-MR [99]. In future, accurate SAR prediction will cer-
tainly gain importance, especially with the advance of ultra-high-field
MRI (≥ 7 T). Hence, patient-specific generation of SAR models may
become a realistic option and advanced numerical methods [100] can




So far, this work has investigated the generation of accurate models
of a multi-channel RF coil and of patients as well as SAR calculations
based on such models. The following two chapters will discuss how these
models can be employed to minimize the SAR by a suitable design of
the RF sequence.
The ability to control the RF field spatially by parallel transmission
can not only be applied to optimize the RF field homogeneity but also
has the potential to reduce the SAR simultaneously [101,102]. This can
be beneficial in MR sequence design, e.g. to increase the allowed range
of flip-angles and repetition times for improved contrast and SNR or to
reduce the total scan time. In this work, an approach for optimizing the
RF sequence such that the SAR limits are met is referred to as SAR
management. In principle, such SAR management can employ the same
SAR model as used in the scanner for SAR calculation.
For reliable SAR calculation and SAR management, the choice of an
appropriate human body model is an important issue. For MR systems
with a single transmit coil, significant variations of the SAR values have
been reported when comparing different models [74, 78, 79, 103] and dif-
ferent positioning within the MR scanner [39,81]. However, these aspects
have so far rarely been discussed in the context of parallel transmission.
In Section 5.1, the potential of SAR management for RF shimming
is evaluated for the 8-channel MBC based on FDTD simulations. Sec-
Based upon: H. Homann, I. Graesslin, H. Eggers, K. Nehrke, P. Vernickel,
U. Katscher, O. Dössel, and P. Börnert, “Local SAR Management by RF Shimming:
A Simulation Study with Multiple Human Body Models,” Magn. Reson. Mater.
Phy., (accepted), 2011.
and H. Homann, P. Börnert, O. Dössel, and I. Graesslin, “A Robust Concept for
Real-Time SAR Calculation in Parallel Transmission,” in Proceedings of the ISMRM,
Montreal, Canada, p. 3843, 2011.
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tion 5.2 describes a robust approach that allows incorporating multiple
models with only a minor increase of computational effort.
5.1 Local SAR management for
RF shimming
To investigate the patient-dependency of the SAR, simulations were per-
formed for nine human body models, representing a relatively broad
range of male adults. These models were generated from water-fat sep-
arated whole-body MR images as described in the previous chapter.
The approach of the section is twofold: In a first step, the effect of
RF shimming on the SAR is studied without imposing any constraints.
The influence of the region of interest (ROI) chosen for RF shimming
is also addressed. In a second step, model-based SAR constraints are
included using a novel optimization approach. This study limits itself
to a discussion of the local SAR, since the maximum local SAR often
represents a more restrictive condition than the global SAR [36], which
can be estimated from power measurements [32].
5.1.1 Theory
Before applying an RF pulse in vivo, the pulse sequence has to be val-
idated to conform with the SAR limits. To achieve this, the SAR is
estimated using an appropriate model. In conventional single-transmit
systems, a violation of the SAR limits would require a reduction of the
average RF power, e.g. by prolonging the RF pulse, increasing the rep-
etition time TR, or reducing the flip-angle.
Parallel transmission offers a new degree of freedom for SAR man-
agement by spatial control of the RF field, to avoid such changes in the
sequence design. Recently, a number of local SAR management tech-
niques have been proposed. These can be classified as regularization-
based approaches [104–106] and approaches that enforce inequality con-
straints [101,107,108].
The regularization-based approaches use multiple regularization pa-
rameters, either per channel [104] or for selected cells of the simulation
mesh [105, 106], to get a handle on the local SAR distribution. This
can, however, become computationally demanding as numerous regu-
larization parameters need to be optimized iteratively. This is mostly
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addressed by updating the regularization parameters iteratively until the
SAR constraints are met. However, such a heuristic approach does not
guarantee to give the optimal B1 distribution.
Optimization problems with strict inequality constraints can be ef-
ficiently addressed by interior-point methods, such as the Lagrangian-
dual method or the barrier method [109]. These allow reducing the
constrained problem to a sequence of unconstrained problems. When
constraints on the local SAR are considered, the number of inequality
constraints becomes very large. Solving the problem with multiple SAR
constraints via the Lagrange-dual problem drastically increases the num-
ber of unknowns, hampering the iterative solution. Instead, a logarith-
mic barrier method is proposed in this work, offering a numerical effort
which increases only linearly with the number of local SAR constraints.
The optimization problem for RF shimming is given by:
|| |Aw| − b̂||22 → min (5.1)
s.t. wHQiw · a2rms − SARmax ≤ 0 ∀i (5.2)
In the above equations, A contains the magnetic transmit field sensitiv-
ities SB1(r), stacked for all voxels in the region of interest (ROI); b is
the desired B+1 field. The circumflex denotes that only the amplitude is
used as the target because the phase of the RF transmit field is of little
interest in many MR applications. This helps to improve RF perfor-
mance even further. The side condition Eq. 5.2 is introduced to enforce
regulatory SAR limits. Each inequality constrains the local SAR at one
voxel i in the compressed model.
The objective function Eq. 5.1 is non-linear, but the magnitude least-
squares (MLS) algorithm [110] can be applied to solve this problem by
sequentially optimizing the phase of b using the local phase-exchange
method [111]. At each iteration, this requires solving the following
quadratically-constrained quadratic-program (QCQP) for its optimizer
w:
||Aw − b||22 → min (5.3)
s.t. wHQiw · a2rms − SARmax ≤ 0 ∀i (5.4)
As AHA and the Q-matrices are positive definite, the problem is convex
and hence is a second-order cone program (SOCP) (cf. [108]). A logarith-
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mic barrier method was chosen to incorporate the inequality constraints
and the objective function into a single cost function C(w) as:







rms − wHQiw) (5.5)
The logarithmic barrier causes the cost to increase to infinity as the SAR
at any mesh cell i approaches its limit. The steepness of the barrier is
controlled by the parameter t. In this work, t was iteratively increased
from 0.1 to 1000 in steps of power of 10, where the final parameter
t = 1000 represents maximum steepness. An extensive discussion of this
approach is given in [109]. For RF shimming, the number of unknowns is
small and Newton’s method lends itself for optimization with quadratic
convergence and was hence applied in this study. The algorithm and the
required derivatives of the cost function are provided in Appendix A.4.
5.1.2 Experiments and simulations
Numerical simulations
To evaluate the effect of RF shimming on the SAR in different individu-
als, a number of dielectric body models is required. Nine volunteer mod-
els were simulated inside the MBC model in a comparable scan position
with the kidneys in the isocenter, as illustrated in Fig. 5.1. The volun-
teers represent a relatively broad range in terms of body size, weight,
and body fat content, as listed in Tab. 5.1.
FDTD simulations were carried out for each transmit element indi-
vidually and the simulation results were normalized and post-processed
as described in Chapter 2. Q-matrices were generated using an averaging
mass of 10 g. The matrices were then compressed using an uncertainty
term ε of 20% of the maximum local SAR at quadrature excitation.
The compressed Q-matrices are then stored in a database on the host
computer of the MR scanner.
Evaluation of different RF shimming strategies
In this study, RF shimming was performed based on the magnetic field
sensitivities SB1(r) obtained from the FDTD simulations. If not stated
otherwise (Fig. 5.5), the simulations were performed for an RF pulse se-
quence with a root-mean-square (rms) value of B1,rms = 2µT and SAR
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Fig. 5.1: Body model placed inside the model of the multi-channel body
coil (MBC) for FDTD simulation: All body models were positioned at an
abdominal scan position.
Model Height / m Weight / kg Body fat content
Volunteer 1 1.73 65 27 %
Volunteer 2 1.82 68 22 %
Volunteer 3 1.92 70 30 %
Volunteer 4 1.91 71 26 %
Volunteer 5 1.82 75 30 %
Volunteer 6 1.80 86 43 %
Volunteer 7 1.92 93 39 %
Volunteer 8 1.85 96 33 %
Volunteer 9 1.88 103 54 %
Tab. 5.1: Overview of relevant volunteer data: The body fat content was
calculated from the segmented water-fat separated models as the fraction
of fat voxels (including bone) per total number of voxels. Volunteers were
ordered by weight, the same order is used for the following figures.
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values were calculated for the uncompressed (original) SAR model. The
following RF shimming cases were considered and compared to quadra-
ture excitation:
RF shimming without constraints: First, RF shimming was per-
formed without any SAR constraints or regularization. The trans-
verse isocenter slice was used as a region of interest (ROI) for B1
homogeneity optimization. Two different cases were investigated:
a) the cross-section of the arms and the torso were included in the
ROI and b) only the torso was included.
RF shimming with SAR constraints: Then, constraints on the lo-
cal SAR were included in the RF shimming algorithm as described
in the previous section. The SAR limits were set to 10 and 20 W/kg
for the torso and the extremities, respectively, and only the torso
was included in the ROI. Again, two different cases were investi-
gated: a) The optimization was performed for each of the volunteer
models separately, using the individualized SAR models. b) An-
other optimization was performed using the biggest of the volunteer
models as a “generic” model for SAR-constrained RF shimming of
all other volunteers. This latter case was performed to obtain a
more realistic scenario, as the use of individualized models is cur-
rently not practical in a clinical setting.
5.1.3 Results
Model compression
The number of mesh cells in the body models ranged from 310,000 to
540,000, increasing with body weight. The model compression algorithm
with an uncertainty term of ε = 20% reduced this down to 80 to 714
representative cells.
SAR at quadrature excitation
The local SAR distribution for all volunteers at quadrature excitation
is compared in Fig. 5.2a as maximum intensity projections (MIP). The
volunteers are ordered by weight, as in Tab. 5.1. Noteably, the local
torso SAR shows a similar pattern in all volunteers. Higher SAR val-
ues are generally observed in the muscle segments rather than in fat
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segments. The maximum local SAR values occurred predominantly at
joints (wrists, elbows, shoulders) and at the muscle attachment points
at the pelvic floor and the iliac crest. All these locations represent re-
gions where the muscle diameter decreases, leading to an increased local
current density [18]. The corresponding numerical values are plotted in
Fig. 5.3a and also listed in Tab. 5.2. The maximum local torso SAR
tends to increase with body weight. By contrast, the maximum local
arm SAR shows a relatively large variation and such a trend could not
be found. Fig. 5.3a also shows the CV values of the B1 field as a measure
of the expected excitation performance.
Interestingly, all models in Fig. 5.2 show a noticeable asymmetry of
the SAR distribution in left-right direction. To understand this effect,
a transversal cross-section of volunteer 5 is shown in Fig. 5.4. The slice
location was chosen at the dominant SAR hotspot at the iliac crest, rep-
resenting an extreme case of this asymmetry. The top row of Fig. 5.4
shows the (a) water and (b) fat images used for model generation to
give an overview of the local anatomy. The corresponding slice of the
dielectric body model in Fig. 5.4c shows the voxel-by-voxel tissue classi-
fication, discriminating between low conductive, fatty tissues and highly
conductive, water-rich tissues, where the latter represent the potential
eddy current pathways in the body. In Fig. 5.4d, the maximum eigen-
values of the local Q-matrices are overlaid with the segmented model.
These eigenvalues represent the largest possible SAR at each voxel for
channel weights w with a unity norm. It can be seen that high SAR
values can potentially occur in the arms and in the muscle tissues at the
iliac crest (more specifically the cranial ends of the glutei medii muscles).
Importantly, the eigenvalue distribution is approximately symmetric in
the left-right direction, indicating that the channel weights w determine
the level of asymmetry. At quadrature excitation inputs (cf. Fig. 5.4e
and g), a diagonal pattern of the SAR distribution is observed in the
torso, with elevated SAR values at one side of the belly and at the oppo-
site side of the back. When performing RF shimming (cf. Fig. 5.4f and
h), the SAR distribution becomes more homogeneous and the maximum
SAR value is substantially reduced.
RF shimming without constraints
Fig. 5.2b and Fig. 5.2c show the SAR distribution for unconstrained RF
shimming in all volunteers. The SAR pattern in the torso is often more
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Fig. 5.2: MIPs of SAR (normalized to 2µT): Compared to quadrature
excitation (a), RF shimming (b-d) resulted in a significant SAR reduction.
The SAR in the arms is lower if the arms are included in the ROI for shimming
(b) than when excluding (c). With strict SAR constraints (d), the SAR is
further reduced in the torso and in the arms.
66





















































































































































































































































































































5. LOCAL SAR MANAGEMENT
Fig. 5.3: Maximum local SAR and CV(B1) values without SAR constraints:
a) At quadrature excitation, the local torso SAR tends to increase with body
weight. b) For unconstrained RF shimming (arms in the ROI), the maximum
local torso and extremity SAR values are both substantially reduced and
CV(B1) is significantly improved. c) When excluding the arms from the
shim ROI, the torso SAR values remain at a low level, whereas the SAR in
the arms is elevated for some of the volunteers.
symmetric in the shimmed case and the maximum SAR in the arms is
reduced (especially if these are inside the shimmed ROI).
This SAR-reducing effect of RF shimming was observed also quanti-
tatively for all volunteers. First, the arms were included in the region-of-
interest (ROI) used for the B1 homogeneity optimization (c.f. Fig. 5.3b).
In this case, the local SAR in the torso as well as in the arms was sig-
nificantly reduced for all volunteers. The CV values demonstrate consis-
tently improved RF field homogeneity.
Second, the arms were excluded from the ROI (c.f. Fig. 5.3c), opti-
mizing B1 homogeneity only in the torso. The achieved CV values were
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slightly better since the ROI was smaller. In that case, the local torso
SAR was still reduced when compared to quadrature excitation. For the
local SAR in the arms, this was no longer the case for all volunteers.
RF shimming with SAR constraints
The maximum local torso SAR for different SAR calculation approaches
are plotted in Fig. 5.5a as a function of the “RF duty cycle” B1,rms (cf.
Eqs. 2.18 and 2.22) for one volunteer. In the worst-case SAR approach,
the E field magnitudes were added. This overestimated the SAR at
quadrature excitation by a factor of approximately seven. For uncon-
strained RF shimming, the SAR is reduced as reported in the previous
section. For all these cases, SAR increases quadratically with B1,rms.
With SAR constraints, the local torso SAR calculated with the com-
pressed model remains strictly at the limit of SARmax = 10 W/kg. The
SAR calculated with the original model stays futher below the limit (at
a margin roughly determined by ε · wHw). Fig. 5.5b shows that the
maximum local extremity SAR is constrained similarly. Up to a de-
mand B1,rms of 1.2µT, the calculated SAR values rise quadratically and
CV(B1) is constant. Above this B1,rms value, the SAR constraints take
effect and the local SAR values remain below the respective limits. In-
stead, the B1 field homogeneity is compromised. Up to about 2µT, this
occurs only gradually. Above this value, the field homogeneity degrades
rapidly but the SAR remains within the safety limits even for high values
of B1,rms.
The SAR distribution for RF shimming with SAR constraints is
shown in Fig. 5.2d and the relevant numerical values are given in Fig. 5.6a.
An even further SAR reduction, compared to unconstrained RF shim-
ming, can be observed and the local SAR maxima stay strictly below the
chosen SAR limits, while the B1 homogeneity (CV) remains in a similar
range.
Fig. 5.6b shows the resulting local SAR values and CV(B1) when
using the SAR model of the biggest model (volunteer 9) instead of the
individual SAR models. The B1 field homogeneity is similar as in the
previous case. The local SAR values are around the corresponding limits.
The time needed for the SAR-constrained RF shimming algorithm
showed roughly a linear dependency on the number of local Q-matrices
included. For a typical model with 250 local Q-matrices (after compres-
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sion) the algorithm converged within 5 to 10 seconds on a desktop PC
(C++ code on Windows XP, Intel Core 2 CPU at 2.4 GHz, 2 GB RAM).
Fig. 5.5: SAR calculations with and without constraints (volunteer 7): a)
The maximum local torso SAR is shown for different cases. Without con-
straints (worst-case, quadrature, unconstrained RF shimming), the maxi-
mum local torso SAR scales with the square of B1,rms. For constrained
RF shimming, the SAR limit (10 W/kg) is reached at B1,rms = 1.2µT.
The SAR predicted by the compressed model closely approaches the limit.
The actual SAR, calculated with the full model, stays strictly below the
limit by a margin roughly proportional to ε. b) The SAR-constrained case
is shown only. The local extremity SAR is restricted similarly as the local
torso SAR. For low B1,rms, the coefficient of variation CV(B1) is constant.
As the SAR constraints become active, CV(B1) increases, gradually at first
but then faster. This clearly indicates the trade-off between RF shimming
performance (uniformity) and the SAR. For comparison, CV(B1) is 28.4%
at quadrature excitation.
5.1.4 Discussion
At quadrature excitation, the SAR hotspots occurred at similar anatomi-
cal locations, typically towards the ends of long muscles, even though the
volunteers represented a relatively broad range of adult male anatomies.
The local torso SAR was found to increase for bigger patients. This
trend was reported earlier in simulation studies when scaling the size of
the Visible Human model [23]. This effect is due to the larger cross-
sectional area for bigger volunteers that is penetrated by the B1 field.
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Fig. 5.6: Maximum local SAR and CV(B1) values with SAR constraints:
The dashed lines indicate the chosen local torso and extremity SAR limits
(10 and 20 W/kg, respectively). a) If the personalized body model for each
volunteer is used, the maximum local SAR values stay below the respective
limits. b) If no personalized body model is available and the model of the
biggest volunteer is used instead, the SAR values are in a comparable range
but the limits are not necessarily strictly kept. All values are normalized to
B1 = 2µT in the isocenter slice.
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This leads to an increased E field along the line integral around this area
in Faraday’s law and hence to an increase of the SAR. This increased
dissipative loss also explains the higher RF power demand which is ob-
served for bigger patients to achieve a certain B1 level. For the SAR at
the arms, such a trend could not be observed, which is possibly due to
generally higher variations depending on slightly different positioning of
the arms relative to the RF coil.
The SAR distribution in the torso showed a pronounced asymme-
try which could be identified as a diagonal pattern in the transverse
plane at quadrature excitation. Such a field distribution has also been
described by van den Berg et al. [101] and has been attributed to the
diagonal interference pattern of the electric field component resulting
from the circularly polarized magnetic excitation inside an elliptically
shaped body. Note that this elliptical pattern in the loaded coil deviates
from the symmetric field pattern in an empty RF coil. In that study, it
was demonstrated that RF shimming can effectively reduce this “coarse”
electric field amplification in the human pelvis, even when the channel
weights were optimized using an elliptical phantom for SAR constraints.
Nevertheless, it was stated that local SAR hotspots are the result of
very local anatomy-dependent field interactions [101]. Hence, the use of
human body models is indispensable for accurate local SAR prediction.
In this study, RF shimming showed generally a reduction of the SAR
for all volunteers, even when not taking any SAR constraints or regular-
ization into account. Such a relation between improved B1 homogeneity
and reduced SAR was previously reported in a 2-channel body coil [102].
One explanation for this effect is that the dominant, clockwise-rotating
B1 field component becomes spatially more homogeneous. Since the in-
duced E field follows from the spatial derivative, more precisely the curl,
of the B1 field according to Ampère’s law, a smoother B1 field will lead
to a reduced E field. However, this SAR reduction may be limited to
those regions where B1 field homogeneity is demanded. For instance,
when excluding the arms from the ROI, for two of the volunteers the
local extremity SAR was slightly higher than at quadrature excitation,
whereas the local torso SAR remained consistently reduced.
Care should however be taken when generalizing these findings for
other types of RF coils and for other anatomies [112]. In practice, some
regularization or penalty for the SAR will generally be advisable.
Using the complete SAR model, the SAR constrained algorithm re-
quires several days, which is not practiceable. The model compres-
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sion facilitated highly efficient SAR calculation and optimization. The
proposed optimization method achieved this by a closed-form solution
within a reasonably short time of a few seconds and yielded B1 homo-
geneity values comparable to the unconstrained algorithm. The SAR
values calculated with the uncompressed model were considerably be-
low the chosen SAR limits. This indicates that the selected uncertainty
margin of ε = 20% of the quadrature SAR is relatively large. Reduc-
ing the value to ε = 10% would however have increased the number
of Q-matrices in the compressed model and hence the calculation time
by a factor of roughly four. To compensate for this, the constrained
RF shimming algorithm could be performed iteratively with decreasing
values of ε.
Whereas this study focused on RF shimming, the barrier method can
also be applied for the more general case of Transmit SENSE pulses. Due
to the higher computational demand, it would then certainly be useful
to reduce ε iteratively. The proposed approach can furthermore easily
be extended by constraining the average and peak RF amplifier power
on each channel as well as the global SAR.
Any simulation-based SAR management relies on the assumption
that the actual patient is comparable to the model used for SAR esti-
mation. One approach to cope with this situation is to use a “worst-case
patient model” for SAR prediction. This was attempted in this section
by performing RF shimming with the biggest model for SAR constraints.
Choosing this model is reasonable as the torso SAR was found to increase
with patient size and the arms of this model were closest to the transmit
elements of the body coil. In this simulation, the SAR was found to
be reduced for all volunteers compared to quadrature excitation and un-
constrained RF shimming. This also indicates that the obtained channel
weights probably lead to a favorable SAR distribution in the other mod-
els and will not lead to unexpected SAR hotspots. This is reasonable
since all models used in this study were placed at the same position in
the RF body coil and have a similar positioning of the arms.
In summary, RF shimming was found to substantially reduce the
local SAR, consistently for all volunteers. To get a better handle on the
local SAR, an efficient SAR-constrained algorithm was proposed and a
further SAR reduction could be achieved with only minor compromises
in RF performance.
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5.2 A robust approach to SAR calculation
In the previous section, it was shown that different subjects can exhibit
similar SAR hotspots which also tend to react similarly under multi-
channel RF excitation for subjects in a comparable body position. In
a clinical setting, a broad variety of patients has to be expected with
respect to body position as well as age, gender and body size such that
multiple sets of Q-matrices for various scenarios need to be prepared.
In practice, it is not straightforward to choose the most appropriate
body model. This section presents an alternative approach for efficient
real-time calculation of the worst-case local SAR of a large number of
different body models simultaneously for robust RF safety assessment.
Methods
The model compression approach according to Section 2.3.4 is applied
twice to improve efficiency when using multiple body models. The algo-
rithm consists of the following steps:
1. The model compression is performed for every single body model
to reduce the computational effort of the following steps.
2. The local matrices Q of several models are combined to form a
“robust model” which represents different anatomies and/or body
positions. The maximum SAR calculated with this robust model
represents an upper bound to the SAR of any included model.
3. The clustering algorithm is applied for a second time to further
compress the robust model.
In this study, this multi-model clustering was performed for two cases:
a) using the Visible Human Male at 18 positions of the patient bed along
the bore axis of the MBC and b) using body models generated from 6 vol-
unteers to represent different anatomies. The SAR overestimation term
ε was defined as a percentage of the maximum local SAR at quadrature
excitation.
Results and Discussion
The original number of SAR cells was 750,000 for the Visible Human
Male and ranged from 310,000 to 540,000 for the volunteer models. The
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first clustering step (using ε = 10%) reduced the number of cells in the
Visible Human Male model to 83 – 5,190, depending on the position of
the patient bed, and to 223 – 2,365 for the different volunteer models.
The second clustering step resulted in a further reduction of the required
number of cells, as shown in Fig. 5.7 as a function of ε. Using ε = 10% in
the second clustering step yields a compression of the robust models by
approximately 85% for both cases in addition to the first compression
step without increasing uncertainty. This means that a considerable
redundancy among the various models exists, as illustrated in Figs. 5.8
and 5.9. Further compression can be obtained by higher ε.
For the Visible Human Male, several positions of the patient bed were
no longer included in the reduced generalized model. This means that
the maximum local SAR does not occur at the respective position for
any RF waveform. For the reduced generalized model generated from
the volunteer models, such a relation was not found. This means that
the maximum SAR can occur in any of the volunteers, depending on
the applied RF waveform. Overall, the memory requirements as well as
loading and SAR calculation times are strongly reduced.
The presented approach removes the redundancy between multiple
body models. The calculation time is almost independent of the number
of models used. This allows for efficient and robust local SAR estimation
in parallel transmit MRI. The approach can be applied for real-time SAR
calculations as well as SAR management.
5.3 Conclusions
RF shimming was found to substantially reduce the local SAR in 3 T
parallel transmit body coil applications, even when not imposing any
SAR constraints. The SAR burden can be further reduced by incorpo-
rating the SAR model directly into the RF shimming algorithm. Such
a local SAR management can leverage previously SAR-limited MR se-
quences while simultaneously improving B1 homogeneity without the
need to trade off sequence timing or contrast parameters. In summary,
RF shimming exhibits significant potential for SAR reduction.
In a clinical setting, patient-specific SAR models are usually not avail-
able. This chapter hence proposed a robust approach to represent differ-
ent patient groups and body postures for comprehensive SAR prediction.
The proposed approach is computationally efficient and requires only a
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Fig. 5.7: Number of remaining Q-matrices as a function of the overesti-
mation term ε in the second clustering step: When using the same value
as in the first compression step (ε = 10%), an additional compression of
about 85% was observed for both cases investigated. This shows that there
is considerable redundancy among the various models.
Fig. 5.8: Distribution of the maximum eigenvalues in volunteers 1 and 6
(maximum intensity projections): Despite the different anatomy, the poten-
tial for RF heating (i.e. the maximum eigenvalue distribution) is similar for
both volunteers.
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Fig. 5.9: Q-matrix clusters for the same two volunteers (coronal slice):
Regions with the same color are represented by the same “dominating Q-
matrix” after the second model compression step. The figure shows that
these clusters are located at corresponding body regions in the two models.
Whereas Fig. 5.8 only highlights that the potential SAR hotspots occur at
similar locations, this figure confirms that both models respond similarly to
a given vector of channel weights w as illustrated by the similarity of the
local Q-matrices and the associated clusters. This explains the efficiency of
the second clustering step to remove redundancy.
fractional additional effort compared to SAR calculation with a single
model due to substantial redundancy among the different SAR models.




SAR reduction by k-space adaptive
RF shimming
Thus far, SAR calculations and SAR management have been discussed
independently of the sampling process. In MR imaging, the RF Tx
sequence is performed repeatedly for every profile in the sampling k-
space. The center of the sampling k-space contains most of the sig-
nal energy [113] and determines image contrast and uniformity. This
has been utilized for accelerated dynamic studies using the ‘keyhole’
concept [114, 115] and to reduce the average SAR of an MR scan by
lowering the flip angle in the outer k-space for SAR critical protocols
such as Steady State Free Precession (SSFP) [116] or hyperecho [117]
sequences. Another example is to limit the relatively high-SAR mag-
netization transfer pre-pulses to the central k-space [118]. For parallel
transmission, the k-space dependency offers an additional degree of free-
dom in the sequence design: Instead of using identical RF pulses for all
sampling profiles, several different RF pulses can be applied [119].
In this chapter, a proof of principle for this approach is given for
an RF shimming application, to achieve improved RF field homogene-
ity while simultaneously reducing SAR. The amplitudes and phases of
each Tx-channel were adapted depending on the location in the sampling
k-space. A phantom simulation study was performed for a better under-
standing of the additional freedom in the sequence design. Based on the
simulation results, in vivo feasibility is shown for single-shot turbo spin
echo (TSE) and fast field echo (FFE) imaging sequences.
Based upon: H. Homann, I. Graesslin, K. Nehrke, C. Findeklee, O. Dössel, and
P. Börnert, “Specific Absorption Rate Reduction in Parallel Transmission by k-Space
Adaptive Radiofrequency Pulse Design,” Magn. Reson. Med., vol. 65, pp. 350–357,
2011.
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6.1 Methods
General concept
In parallel transmission, a desired excitation pattern can in general be
achieved by various RF pulses. However, a trade-off exists between the
RF field quality and the SAR as schematically shown in Fig. 6.1a. On
this trade-off curve, a higher RF field performance is associated with
higher SAR.
Considering the phase-encoding space of a Cartesian MR imaging se-
quence, different RF pulses could be chosen for each phase-encoding step
of the image acquisition. However, for practical reasons it is straightfor-
ward to use the identical RF pulse for a group of phase-encoding steps
with a similar distance to the k-space center, as illustrated in Figs. 6.1b-
d. Image contrast and homogeneity are determined in the central k-space
and hence, a maximally uniform RF field is desired here. An RF pulse
that fulfills such high requirements may however cause relatively high
SAR, if applied repeatedly for every k-space profile. Towards the outer
sampling k-space, the homogeneity requirement can be relaxed which
allows for application of RF pulses with lower power. This combination
of different RF pulses facilitates a reduction of the average SAR of the
entire scan.
Phase-consistent RF shimming
For the purpose of switching between different RF pulses during image
acquisition, it is crucial that all k-space profiles are acquired with a
similar Tx-phase in the object space to avoid phase-related artifacts such
as ghosting. This section describes an approach to achieve such a phase-
consistent excitation for RF shimming.
Recall, that the magnetic field B+1 (w, r) is given by the superposi-
tion of the magnetic transmit field sensitivities SB1(r) with the channel
weights w:
B+1 (w, r) = SB1(r) · w (6.1)
For RF shimming, the shim setting w = (w1, . . . , wN ) is determined such
that the RF field becomes optimally homogeneous. In many applications,
the phase of the RF field is of little interest and only the magnitude is
required to be homogeneous in the optimized RF field. For this purpose,
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Fig. 6.1: General concept of k-space dependent RF pulse selection:
a) Schematic of the trade-off between SAR and RF field error. Each of
the squares on the curve represents a different RF pulse. Dark colored areas
indicate an RF pulse with better performance, but requiring higher SAR.
b) For a 2D sampling k-space (kx: frequency encoding direction, ky: phase
encoding direction), the central phase-encoding profiles are acquired with
RF pulses that have the least B1 error but higher SAR. c) For 3D imaging,
this can likewise be done in the two phase encoding directions ky and kz
(the frequency encoding direction kx is not shown here). d) A practical
implementation is shown as a timing diagram for a single-shot 2D partial
Fourier acquisition sequence with linear profile order. The first, central
phase-encoding profiles in ky are acquired with the high-quality pulse type
and the outer profiles are acquired with a low power pulse type.
a magnitude least-squares (MLS) algorithm can be applied to solve the
optimization problem without constraining the image phase [110,120]:
w = arg min
w
{|| |B+1 (w, r)| − b̂(r)||22 + R(w)} (6.2)
where b̂(r) denotes the real-valued target field and R(w) is an appro-
priate regularization term. Compared to a simple least-squares (LS)
optimization, this provides additional freedom in the optimization and
permits improved magnitude profiles. The MLS optimization problem
can efficiently be solved iteratively as linear equation systems by using
the local variable exchange method [111].
The method proposed here represents a combination of the MLS
and an LS approach: First, an MLS optimization step (Eq. 6.2) is per-
formed to achieve a “high quality shim setting” wMLS for the central
k-space. The resulting, but so far arbitrary, Tx-phase ∠B+1 (wMLS, r) is
81
6. SAR REDUCTION BY K-SPACE ADAPTIVE RF SHIMMING
then passed to an LS optimization step where it is used as the target
phase:
w = arg min
w
{||B+1 (w, r) − b̂(r) · exp(j∠B+1 (wMLS, r))||22 + R(w)} (6.3)
This method will be referred to as “phase-consistent RF shimming”. Us-
ing Eq. 6.3, a set of additional shim settings for different k-space areas
can be calculated. The shim settings obtained in the LS step hence con-
tain the optimized phase from the MLS step, but can be subject to a
stricter regularization of the RF power and will hence be referred to as
“low power shim-settings”.
For simplicity, a conventional Tikhonov regularization is used for
Eqs. 6.2 and 6.3 to control the RF input power wHw:






Here, λ is the penalty parameter and wH denotes the Hermitian of the




i |Si(r)|2 is introduced to
achieve λ values that are independent of the measured transmit field
sensitivities Si(r); λ = 1 is typically a good starting value.
6.2 Phantom study
Experiments and simulations
All experiments were performed on the 3T Philips Achieva with the MBC
for RF transmission. For signal reception, a 16-channel torso coil was
used. The individual images were combined using a sum-of-magnitude
reconstruction. A SENSE reconstruction was not applied in this study
to avoid any potential influence of possible receive field inhomogeneities
of the body coil.
The transmit sensitivities SB1,i(r) for each Tx-channel were acquired
using the Actual Flip Angle technique (AFI). The protocol parameters
were TR1 = 20 ms, TR2 = 100 ms, echo time TE = 2.3 ms, flip angle 60°,
field of view 480×240×60 mm3 at a scan resolution of 5×5×5 mm3.
To evaluate the performance of the approach for different parame-
ter settings, phantom studies were carried out using a cylindrical water
phantom (Ø40 cm, conductivity σ = 0.05 S/m, permittivity εr = 63).
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B1 maps were acquired for each Tx-element and a high quality shim
setting was calculated according to Eq. 6.2 using a weak regulariza-
tion of the RF power to achieve a high field homogeneity. Then, seven
phase-consistent shim settings were calculated according to Eq. 6.3 with
increasing values of the power penalty parameter λ.
To simulate the RF field homogeneity of the k-space dependent com-
bination of shim settings, the B1 maps were transformed into k-space. A
hybrid image was generated by combining profiles from the high quality
data in the k-space center with profiles from the low power data in the
outer k-space, ordered by increasing λ (cf. Fig. 6.1b). The hybrid data
was then transformed back into the image space. This kind of simulation
mimics an imaging sequence using k-space dependent selection of shim
settings with uniform receive sensitivities at low flip-angles, where the
image intensity is directly proportional to the RF field. Two types of
simulations were carried out: First, the high quality shim setting was
combined with the seven low power shim settings at random k-space frac-
tions (ordered by increasing λ). This is referred to as the “Monte-Carlo
simulation”. Second, only two different shim settings were combined (the
high quality shim setting and the shim setting with the lowest power)
and the k-space fraction of the low power shim setting was increased
from 0% to 100% in steps of 10%.
Results
Selected B1 maps from the phantom experiment are shown in Fig. 6.2.
The RF field in quadrature mode in Fig. 6.2a shows excessive spatial
variation due to interference, since the RF wavelength (30 cm) is com-
parable to the phantom diameter. As expected, the B1 map resulting
from the high quality shim (see Fig. 6.2b) is relatively homogeneous,
whereas the low power shim setting shows a strong interference pattern
(see Fig. 6.2c). As required, the phase in both images shows only rela-
tively small deviations of less than 15° at the phantom edges. The two
B1 maps shown in Figs. 6.2b and c were combined in k-space using 20%
of the high quality profiles and 80% of the low power profiles, with the
resulting map shown in Fig. 6.2d. The homogeneity is comparable to
the pure high quality shim and no artifacts due to phase inconsistencies
are visible.
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Fig. 6.2: B1 maps based on phantom measurements (top: amplitude as
percentage of the nominal flip angle, bottom: phase): a) RF field in quadra-
ture mode, b) high quality MLS shim with little power regularization, c)
phase-consistent shim setting with the maximum power regularization, and
d) simulated k-space combined B1 map (20% of the high quality shim, 80%
of the phase-consistent low power SAR shim).
For quantitative evaluation of the phase-consistent RF shimming
method, the coefficient of variation (CV) of the resulting B1 maps and
the corresponding average RF power are shown in Fig. 6.3a. As a refer-
ence, the quadrature mode is also shown. For simple LS shimming (us-
ing a target phase of 0° for every pixel) a trade-off curve was obtained
by varying the regularization parameter λ. A significant reduction of
RF power as well as of the B1 error relative to the quadrature mode
was achieved. MLS shimming performs even better since an arbitrary
image phase is allowed. The proposed phase-consistent RF shimming
approach requires slightly more RF power for a given CV than the MLS
optimization due to the additional constraint to the excitation phase.
As expected, both significantly outperform the conventional LS shim.
The general trade-off is obvious for all cases, supporting the heuristic
relationship shown in Fig. 6.1a.
Results for the k-space dependent shim switching mode are shown
in Fig. 6.3b. The Monte-Carlo simulation shows that combining several
shim-settings in k-space yields better results than using just one shim
setting, i.e. than MLS shimming or phase-consistent RF-shimming with-
out k-space switching. Interestingly, the combination of only two shim
settings (the highest quality MLS-optimized shim setting and the shim
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setting with the lowest power) delineates nearly the optimal combina-
tion, as highlighted by the black curve. This combination achieves the
RF field homogeneity that is provided by the high quality shim setting
used in the central k-space at a maximum RF power reduction.
Fig. 6.3: Trade-off curves for RF shimming from the phantom study:
a) Phase-consistent RF shimming performs comparable to the phase-
unconstrained MLS design. By contrast, the LS design with a fixed target
phase (0°) results in a less favorable solution, much closer to the quadrature
mode. b) The k-space dependent combination of different phase-consistent
shim settings in a Monte-Carlo manner pushes the achievable optimum fur-
ther. In this example almost the optimal results can be achieved by com-
bining just two different shim-settings (the highest quality MLS-optimized
shim setting and the phase-consistent shim setting with the lowest power).
6.3 In vivo study
Experiments
To investigate in vivo feasibility, experiments were performed on seven
healthy volunteers (all male, age 29 – 54 years). Imaging was conducted
in the abdominal region using two different imaging protocols: 1) a low
flip-angle 3D FFE sequence where the effect of the RF field inhomo-
geneities is directly visible as the intensity is proportional to B1 and 2)
a more clinically relevant single-shot 2D TSE sequence where an inho-
mogeneous RF field can result in local signal loss due to the high number
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of refocusing pulses. Both protocols had a field of view of 450×300 mm2
and a scan resolution of 1.4×1.4×5 mm3. The number of slices was 15
in the 3D FFE protocol and 3 in the 2D TSE protocol. For both proto-
cols, a “shim switching mode” was implemented in the scanner software
to switch between two different shim settings w, depending on the k-
space position during the scan. The scanner’s standard RF waveforms
(Sinc-Gaussian pulse shapes) were used for all experiments.
In practice, the profile order needs special consideration. For steady-
state imaging, it takes a time interval roughly in the order of T1 after
switching shim settings to allow the new steady-state to settle. In this
study, 3D Cartesian sampling with an elliptic centric profile order was
chosen for the FFE protocol. Sampling was started in the center of the
2D phase-encoding space (cf. Fig. 6.1c) and continued in an outwards
spiral. After the central profiles had been sampled, the shim setting was
switched and the trajectory was continued at the outmost profile and
spiraled inwards to the location where the first spiral had ended. In this
manner, a single switching event is required, minimizing any disturbance
of the steady-state without a need for dummy RF pulses in the transition
period. Image contrast was proton-density weighted using a flip angle of
4◦, TR = 4.6 ms, and an in-phase echo time TE = 2.3 ms.
For single-shot TSE sequences, sampling would typically need to be
started in the k-space center with the high quality shim setting before the
spin phase pathways are impaired by the less homogeneous RF field of the
low power shim setting. In this study, a linear profile order with partial
Fourier encoding was applied as illustrated Fig. 6.1d with a halfscan
factor of 55%. Image contrast was T2-weighted by choosing TE = 80 ms
at an echo spacing of 4.9 ms and a TSE factor of 108. The nominal
excitation and refocusing angles were 90◦ and 120◦, respectively.
Images were acquired during breathhold using four different settings:
1) in quadrature mode, 2) with an MLS-optimized high quality shim
setting, 3) with a phase-consistent low power shim setting, and 4) in the
“shim switching mode”, combining the former two shim settings. As pa-
rameters, the regularization penalties and the switching point in k-space
offer various combinations. For the high quality shim setting, the regu-
larization was chosen such that the RF power was approximately equal
to the power in the quadrature mode using λ = 0.05 for all volunteers.
For the low power shim setting, the regularization was chosen such that
the RF power was strongly reduced (λ = 5.0). After the optimization, all
shim settings were rescaled such that the nominal flip-angle was achieved
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on average over the resulting B1 map. A fraction of 20% of the profiles
was empirically chosen for the high quality shim setting in the central
k-space and the low power shim setting was used for the remaining 80%.
In a blind evaluation, image quality was assessed independently by two
reviewers on a 5-point scale (1: poor image quality; 5: good image qual-
ity). SAR calculations were carried out as described in Chapter 2, using
the fully segmented Visible Human Male as a generic patient model.
Results
Images of the volunteer study for the different shimming strategies ap-
plied to both protocols are compared in Figs. 6.4 and 6.5. The quadra-
ture mode images and the low power mode images show considerable
local signal loss due to RF field inhomogeneity. These are patient-
dependent and often localized around the spine which agrees with the
pattern of the RF field. This is shown exemplarily for volunteer 6 for
comparison of the images (Figs. 6.4 and 6.5, last row) with the corre-
sponding B1 maps (Fig. 6.6). The high quality shim settings improved
image uniformity in all cases, which can also be observed in the shim-
switched images.
Means and standard deviations from the blind evaluation for the
different shim settings were as follows: quadrature mode (FFE images:
2.1 ± 1.1, TSE images: 2.2 ± 1.2), high quality shimmed (FFE: 3.7 ± 0.7,
TSE: 3.9±0.8), low power shimmed (FFE: 2.5±1.1, TSE: 2.4±1.0), and
k-space-switched shimming images (FFE: 3.5±1.0, TSE: 3.6±0.7). The
corresponding paired t-test showed that the high quality shimmed and
the k-space-switched shimming images were rated significantly better
than the quadrature mode and low power shimmed images (p ≤ 0.01
in all cases). The differences between the high quality shimmed and
the k-space-switched shimming images were found to be not significant
(p = 0.55 for the FFE images and p = 0.27 for the TSE images).
The resulting RF power values are compared to the corresponding
SAR estimates from the FDTD simulations in Tab. 6.1. Using the pro-
posed k-space adaptive technique, RF power could be reduced to 59%–
77%, relative to quadrature mode. The whole-body SAR and maximum
local 10 g SAR were reduced to 50%–75% and 42%–73%, respectively.
Furthermore, a high correlation was found between the RF power and
the body-averaged SAR (Pearson’s r = 0.91) as well as the local 10 g
SAR (r = 0.87).
87
6. SAR REDUCTION BY K-SPACE ADAPTIVE RF SHIMMING
Fig. 6.4: In vivo 3D low tip angle FFE images: The intensity is directly
proportional to the excitation field strength. The quadrature mode as well
as the low power shim setting show areas of reduced and increased flip angle,
varying from patient to patient. As expected, these field inhomogeneities
can be resolved by RF shimming, as shown by the high quality shim images.
The image homogeneity obtained by k-space dependent switching of shim
settings is comparable to the high quality shim, however at a significantly
reduced RF power (values given as percentages of the quadrature mode).
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Fig. 6.5: In vivo 2D TSE images: As opposed to the FFE images in Fig. 6.4,
the effect of RF field inhomogeneities on the image contrast is visible here.
Both, the quadrature mode images and the low-power mode images, exhibit
locally degraded contrast in areas of reduced flip angle. The images obtained
with high quality shim settings and in the shim switching mode do not suffer
from this effect. The relative RF power values are identical to the FFE
sequence.
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Fig. 6.6: B1 maps based on in vivo measurements (volunteer 6). The
quadrature mode (left) shows a highly inhomogeneous pattern, often ex-
hibiting a low amplitude near the spine. The MLS-optimized map (center)
does not show this effect and has the lowest coefficient of variation (CV).
The LS-optimized map (right) has the lowest RF power (72% of the quadra-
ture mode) and exhibits a CV in the range of the quadrature map, however
at a differently distributed interference pattern.
6.4 Discussion
Feasibility of k-space dependent RF shimming was demonstrated in vivo
and on phantom data. In comparison to quadrature mode, image con-
trast and homogeneity were significantly improved as in conventional
RF shimming, but at a significantly lower SAR. The phase-consistent
RF shimming approach allowed for combining different shim settings
without introducing phase-related artifacts in the images.
The simulation study confirmed that the phase-consistent optimiza-
tion performed notably better than a simple least-squares optimization,
allowing for a higher SAR reduction. Furthermore, it can be concluded
from the phantom study that a limited number of shim settings is suffi-
cient to find an appropriate compromise between RF shimming perfor-
mance and SAR. Choosing only two different shim settings appears to be
a straight-forward and effective combination that might give reasonably
good results for many applications. Using more than two shim settings,
however, may be advantageous in some cases, e.g. to achieve a smooth
transition in k-space when switching in steady-state imaging.
Consequently, the in vivo study was conducted with only two different
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constraints on the design of the profile order, as the number of switching
events needs to be minimized to reduce the influence on the steady-state
or on the spin phase pathways. In this study, suitable profile orders for
3D FFE and 2D TSE imaging were developed, such that image contrast
was maintained. The low flip-angle FFE images showed a direct relation
to the B1 field distribution and demonstrated that homogeneity could be
significantly improved by k-space adaptive shimming. The T2-weighted
TSE images showed that image contrast was similarly improved.
As opposed to the previous section, the SAR was not necessarily re-
duced when using only a weak regularization for “high quality shimming”.
This is probably because the Visible Human was used as a generic SAR
model in this study. However, a stronger regularization of the RF input
power resulted in a significant reduction of body-averaged and maximum
local 10 g SAR.
The parameters used for the in vivo study were chosen empirically
here. Obviously, there is further potential in optimizing these parameters
with respect to acceptable local errors of the flip angle and the transmit
phase. It is important to note that such optimization can be performed
on-line based on the B1 maps prior to actual imaging. To maintain
SAR limits, the approach should be combined with a SAR management
scheme as proposed in the previous chapter.
The k-space dependent RF pulse selection can in principle be com-
bined with all kinds of existing SAR reduction and RF pulse optimiza-
tion techniques. For example in TSE sequences, a joint design [121] of
the excitation and several refocusing pulses could prove useful to locally
control accumulating effects of imperfections in the refocusing pulses. In
hyperecho sequences [117], the 180◦ core RF refocusing pulse requires
outstanding homogeneity and hence a high quality shim setting with a
higher SAR could be chosen for this specific pulse whereas the remaining
refocusing pulses are less crucial and could be used for k-space adaptive
SAR reduction.
Furthermore, the k-space dependent parallel transmit approach may
likewise be applied to all kinds of magnetization preparation pulses. For
example, outer volume suppression pulses can significantly contribute to
the SAR of an MR sequence and are hence well suited to SAR reduction
by parallel transmission. Many preparation pulses do not require phase
consistency and a normal magnitude least-squares optimization could be
used. Overall, there is a wide field of applications which can benefit from




A new approach to SAR reduction in parallel transmission MR sys-
tems based on k-space dependent RF pulse selection was presented. The
method allows to achieve an image homogeneity and contrast compa-
rable to magnitude least-squares shimming with additionally reduced
average SAR. The approach supports improved image contrasts in high-
field MR imaging and spectroscopic imaging and potentially allows for
reduced examination times in otherwise SAR-limited protocols. In prin-
ciple, the proposed concept is applicable to RF shimming as well as to





The present thesis contributes new approaches for comprehensive SAR
prediction to ensure safe operation of parallel transmit MRI. This fur-
thermore bridges the gap to control the SAR to maintain safety lim-
its while simultaneously optimizing excitation performance, which is re-
ferred to as SAR management.
The thesis first focused on modeling of a multi-channel RF trans-
mit coil and its cross-calibration to the physical multi-channel RF sys-
tem. The simulations were validated by measurements of the electric
and magnetic fields inside the MR scanner as well as by temperature
measurements to estimate the total dissipated power.
Reliable modeling of the patient body is generally challenging, as
patients not only vary in body size and composition as well as body
fat content but are also examined at different body positions within the
MR scanner. To account for these variations, multiple body models are
required to cover the complete range of different patients and body po-
sitions. In this work, a novel approach to generate reasonably accurate
body models based on water-fat separation is proposed. Based on this,
a first in vivo validation of RF field simulations by means of B1 mapping
was achieved. In a clinical setting, it is currently not practical to gen-
erate individualized body models for every patient. Instead, the model
generation approach can be used to generate a library of body models,
representing different anatomies and body positions.
Moreover, this work has proposed an efficient and robust approach for
prediction of the maximum local SAR that can occur in any of multiple
models for a given set of transmit waveforms, based on a clustering
approach to remove the redundancy between the models. This allows
for a worst-case SAR prediction when the actual patient anatomy and
position is not known and can be applied to generate a comprehensive
model for routine use.
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For the future, the bottleneck of long simulation times might be over-
come by advanced EM simulation techniques, allowing even more accu-
rate safety assessment by true patient-specific models. Another interest-
ing option is that the magnetic field sensitivities might also be obtained
from such simulations to avoid the need for B1 mapping.
Beyond SAR prediction, this work investigated the potential of SAR
management by parallel transmission with a focus on RF shimming. It
was shown in a broad variety of human body models that RF shimming
tends to reduce SAR. To ensure that the SAR remains within regulatory
limits while simultaneously increasing Tx field homogeneity, an efficient
approach for RF shimming with strict local SAR constraints was devel-
oped, based on the barrier method. This approach can employ the model
used for SAR prediction at the MR scanner and thus does not require
additional assumptions.
Finally, a novel approach for SAR reduction by k-space adaptive RF
shimming was developed. Relatively SAR-intense, but high-quality RF
pulses are applied in the k-space center, whereas low-SAR pulses are ap-
plied in the outer k-space. Feasibility of this concept was demonstrated
for FFE and TSE sequences. A notable SAR reduction with optimized
image contrast was achieved with marginal compromises on image qual-
ity. This approach can be combined with SAR management techniques
to further minimize SAR.
Further work is required before the mentioned approaches can be
broadly employed. This should include the generation of a more com-
plete model library, e.g. representing children, females, obese people,
and patients with pathologies in various body positions. Furthermore,
the choice of models representing the actual patient and the suitable
descriptive parameters requires further investigation. Moreover, SAR
management in parallel transmit applications beyond RF shimming has
large further potential. Also the application of this work to MRI at
ultra-high field strengths (≥ 7 T) needs further discussion.
To conclude, the SAR is a major limiting factor for high-field MRI
and requires extensive consideration for parallel transmission. Parallel
transmission also offers a new degree of freedom to control the SAR. By
accurate modeling of the multi-channel RF coil and of the patient body
therein, a substantial SAR reduction can be achieved. This facilitates
MR sequences which would otherwise not be applicable due to SAR
limits in addition to improved excitation performance. Overall, parallel
transmission with a suitable SAR management allows improving the
96
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diagnostic value of MRI by better contrasts as well as scan efficiency,




As Maxwell’s equations are cited repeatedly throughout this work, the
equations are briefly listed here in terms of the electric field E and the
magnetic flux density B for linear and isotropic materials. The electric
displacement field D, the magnetic field strength H, and the free current
density J can be found by substituting the material relations D = εrε0E,
J = σE, and B = µ0H.
Differential form Integral form
Ampère’s
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APPENDICES
A.2 Decomposition of the B1 field
to polarized components
A magnetic field with a right-handed polarized component B+1 and a
left-handed polarized component B−1 is shown in Fig. A.1. Using two
small pick-up coils, oriented in x- and y-direction, two time-signals can
be detected in the laboratory frame:
b1,x(t) = B̂
+
1 cos(ωt + φ+) + B̂
−
1 cos(ωt + φ−) (A.1)
b1,y(t) = B̂
+
1 sin(ωt + φ+) − B̂−1 sin(ωt + φ−) (A.2)
= B̂+1 cos(ωt + φ+ −
π
2




Fig. A.1: Relation of the rotating B1 field components in the laboratory
frame: The magnetic fields B+1 and B
−
1 rotate at ωt in counter-clockwise
and clockwise direction, respectively. The observed time-signals b1,x(t) and
b1,y(t) follow from the projections onto the x- and y-axis.
Here, the circumflex denotes the amplitude of the B1 phasors and φ±
denotes the associated phase. These time-signals can be considered as
the real parts of a complex representation in the frequency domain:
b1,x(t) = ℜ(B1,xeiωt) (A.4)
b1,y(t) = ℜ(B1,yeiωt) (A.5)
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A.2. DECOMPOSITION OF THE B1 FIELD
where the phasors in the laboratory frame B1,x and B1,y are defined by
the complex expansion of the time-signals:
B1,xe
jωt = B̂+1 (cos(ωt + φ+) + i sin(ωt + φ+))
+B̂−1 (cos(ωt + φ−) + i sin(ωt + φ−))
= B+1 e





cos(ωt + φ+ −
π
2







cos(ωt + φ− −
π
2






i(ωt−π/2) − B−1 ei(ωt−π/2)
= −iB+1 eiωt + iB−1 eiωt (A.7)














Inverting the matrix yields an expression for calculating the rotating

















Similar relations are used in the Jones vector notation, commonly ap-
plied in optics to described circularly polarized light. However, the Jones
formalism typically uses the electric fields and a different normalization.
Note that a phasor description of the B1 components is used (i.e. a right-
hand rotating reference frame for B+1 and for B
−
1 ), whereas Hoult [122]
defines B−1 in a left-hand rotating reference frame such that his defini-
tion of B−1 is the complex conjugate of the definition used in this work.
However, both descriptions are consistent with each other as Hoult uses
a second conjugation in his equation for the received MR signal, can-
celing the first. The advantage of the definition used here is that the




To model the water- and fat-dominated tissues, two Gaussian distri-
butions were used (Eqs. A.10 and A.11). An exponential distribution
(Eq. A.12) was chosen to model the background noise. The mixture
model was defined as the sum in Eq. A.13, with weighting factors aw +
af + ab = 1. In these equations, x denotes the image intensity and






























p(x|Θ) = aw · pw(x|µw, σw) + af · pf (x|µf , σf ) + ab · pb(x|µb)
(A.13)
The optimal model parameters can be found iteratively by an Expec-
tation-Maximization algorithm, similar to [95]. In the expectation step,
the model parameters are given and the probability that a voxel of in-
tensity x belongs to either segment is calculated as:
Ew(x) =
aw · pw(x|µw, σw)
p(x|Θ) (A.14)
Ef (x) =





In the maximization step, the model parameters Θ are updated based
on the observed histogram H(x) by maximizing the log-likelihood func-
tion L:
Θ′ = arg max
Θ
L( Θ|H(x) ) (A.17)
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A.3. EXPECTATION-MAXIMIZATION ALGORITHM
Solving Eq. A.17 for the optimal parameters gives the following expres-







H(xi) · Ew(xi) (A.18)
µ′w =
∑
i xi · H(xi) · Ew(xi)∑




i (xi − µ′w)2 · H(xi) · Ew(xi)∑







H(xi) · Ef (xi) (A.21)
µ′f =
∑
i xi · H(xi) · Ef (xi)∑




i (xi − µ′f )2 · H(xi) · Ef (xi)
∑







H(xi) · Eb(xi) (A.24)
µ′b =
∑
i xi · H(xi) · Eb(xi)∑




A.4 RF shimming with SAR constraints
Recall that the proposed cost function used for RF shimming with strict
SAR constraints is defined as:





ln(s − wHQiw) (A.26)
where s := SARmax/a
2
rms. As C(w) is convex, the global minimum can
be found iteratively, starting from any feasible initial solution (e.g. w0 =
0). For RF shimming, the number of unknowns is relatively small and
Newton’s method can be used to calculate the descent direction ∆wn+1
at the n-th search step via the linear equation system:
∇2C(wn) · ∆wn+1 = −∇C(wn) (A.27)
where the gradient ∇C(w) and the Hessian ∇2C(w) of the cost function
are given by:




















To calculate the updated solution wn+1, a feasible step length l ∈ (0; 1]
has to be found, such that the solution trajectory stays within the inner
points of the barrier (e.g. via a simple line search). The updated solution
can then be calculated as:
wn+1 = wn + l · ∆wn+1 (A.30)
For sequential optimization of the target phase in the magnitude least-
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Parallel transmission enables a relatively direct control of the 
RF field in high-field Magnetic Resonance Imaging (MRI). How- 
ever, the approach has also raised concerns about the specific 
absorption rate (SAR) in the patient body. The present work 
provides new concepts for prediction and control of SAR in 
these MRI systems. The work first focuses on modeling of a 
multi-channel RF coil and cross-calibration to the real physical 
RF system. Then, a novel approach for generating human body 
models from an MRI pre-scan is proposed, based on water-fat 
separation. This allowed for a first in vivo validation of the 
predicted RF field pattern. Furthermore, this work explores 
various approaches for SAR reduction. As the SAR is a major 
limiting factor in most high-field MRI protocols, the proposed 
approaches to SAR management can be directly applied to 
improve image quality or to reduce examination times.
Karlsruhe Transactions on Biomedical Engineering
Vol. 16
Karlsruhe Institute of Technology





































for Parallel Transmit MRI
